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Abstract

Degradable metallic implants are a new class of biomaterials with poten-
tial to replace permanent materials in temporary applications to reduce the
risk of long term adverse effects.

This thesis focuses on in vitro testing of zinc and magnesium based met-
als. As new degradable metals are developed screening of new materials with
in vitro test methods is an attractive option to avoid unnecessary, time con-
suming and expensive animal studies. The influence of factors such as ionic
composition of the test solution, buffer system, strain and alloy composition
was investigated. By employing electrochemical in situ techniques such as
impedance spectroscopy it is possible to study the metal-solution interface
and determine the properties of the corroding surface. Ex situ surface char-
acterization techniques such as scanning electron microscopy and infrared
spectroscopy were then used to complement the results of the electrochemical
measurements.

The importance of appropriate selection of the test solution is highlighted
in this work. Zinc was found to corrode in Ringer’s solution by a mechanism
closer to in vivo corrosion than in a phosphate buffered saline solution(PBS).
Ringer’s solution is therefore the more appropriate test environment for long
term evaluation of zinc based metals.

When evaluating the corrosion of Zn-Mg and Zn-Ag alloys in Ringer’s
solution selective dissolution was found to occur for both types of alloys. Local
precipitation and formation of a porous, less protective, layer of corrosion
products was found for Zn-Mg alloys. The selective dissolution of Zn-Ag
alloy caused an enrichment of AgZn3 on the surface which may affect the
biocompatibility of the alloy.

The use of HEPES to maintain the pH of the test solution increased
the corrosion rate of magnesium due to formation of a less protective layer
of corrosion products. Magnesium corrosion should therefore preferably be
studied in solutions where the pH is maintained by the biological buffer system
CO2/H2CO3.

In addition to saline solutions human whole blood and plasma were eval-
uated as more clinically relevant in vitro environments. They were found to
produce reproducible results and to be suitable for short term experiments.
Formation of a corrosion product layer comprised of both organic and inor-
ganic material was detected on zinc in both plasma and whole blood.

During anodic polarization the adsorption of organic species on the zinc
surface was found to increase the surface coverage of Zn ions in whole blood.
The increased surface coverage then allowed for precipitation of a protective
layer of Zn5(PO4)3 and a subsequent decrease in corrosion rate at higher
potentials.

When subjecting zinc samples to strain the organic/inorganic corrosion
product formed in whole blood was observed by impedance spectroscopy to
prevent micro cracking and premature failure.

The cracking of magnesium alloy samples under applied strain was also
characterized by impedance. Changes in surface properties due to crack ini-
tiation could be detected long before any loss of mechanical properties.



ii

Sammanfattning

Nedbrytbara metaller utgör en ny klass av biomaterial med potential att
ersätta permanenta material i tillfälliga applikationer. Detta för att minska
risken för långvariga biverkningar. I den pågående forskningen för att utveckla
nya nedbrytbara metaller är screening av nya material genom in vitro test-
metoder ett attraktivt alternativ för att undvika onödiga, tidskrävande och
dyrbara djurstudier.

Denna avhandling fokuserar på in vitro-testning av zink- och magnesium-
baserade metaller. Inverkan av faktorer såsom sammansättningen av testlös-
ningen, buffersystemet, belastning samt mikrostruktur hos legeringar under-
söktes. Genom att använda elektrokemiska in situ tekniker såsom impedans-
spektroskopi (EIS) är det möjligt att studera gränssnittet mellan metall och
lösning och karakterisera egenskaperna hos den korroderande ytan. Ex situ
ytkaraktäriseringstekniker som svepelektronmikroskopi och infraröd spektro-
skopi användes sedan för att komplettera resultaten av de elektrokemiska
mätningarna.

Korrosionen av zink i Ringer’s lösning fanns vara närmare in vivo korrosion
än korrosionen i fosfatbuffrad saltlösning (PBS). Ringers lösning är därför den
föredragna testmiljön för långsiktig utvärdering av zinkbaserade metaller

Det biologiska buffersystemet (CO2/H2CO3) bör företrädesvis användas
för att stabilisera pH-värdet på testlösningen vid magnesiumnedbrytning. När
HEPES användes för att stabilisera pH ökade korrosionshastigheten på grund
av bildning av mindre skyddande skikt av korrosionsprodukt

Möjligheten att använda helblod och plasma som mer kliniskt relevan-
ta testmiljöer utvärderades och befanns producera reproducerbara resultat.
Bildning av ett korrosionsskikt bestående av både organiskt och oorganiskt
material detekterades på zink i både plasma och helblod.

När zink prover i helbod utsattes för belastning förhindrade korrosions-
skiktet bildningen av mikrosprickor och förtidigt brott av provet. Det var
vidare möjligt att detektera tidig sprickbildning på grund av belastning av
Magnesium AZ61-legering med EIS.

Adsorption av organiska species på zinkytan under anodisk polarisering
ökar yttäckningen av Zn-joner i helblod. Den ökade yttäckningen leder se-
dan till utfällningen av ett skyddande skikt av zinkfosfater och en minskad
korrosionshastighet vid högre potentialer.

Korrosion av Zn-Mg och Zn-Ag legeringar i Ringers lösning befanns ske
via selektiv upplösning. Lokal utfällning av korrosionsprodukter och bildning
av ett poröst, mindre skyddande skikt av korrosionsprodukter hittades på
Zn-Mg legeringar. Den selektiva upplösningen av Zn-Ag legering orsakade en
anrikning av AgZn3 vilket kan påverka biokompatibiliteten av ett implantat
med tiden.
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Chapter 1

Introduction

1.1 Background

In modern healthcare a large variety of materials are used to replace dam-
aged or lost tissue in virtually all parts of the human anatomy. Unlike trans-
plants, implants are man-made, artificial devices made of foreign materials,
i.e. materials not normally found in the body. Examples range from dental
implants, surgical mesh and bone implants such as artificial hip joints, to
pacemakers and neurostimulators.

Already pre-historic humans used implants to replace teeth and as
sutures.[1] However the first systematic evaluations of different implant ma-
terials, usually referred to as biomaterials, were not performed until the 19th
century. One potential biomaterial, pure magnesium, discovered in 1808,
was employed as an implant shortly thereafter.[2] Huse employed magne-
sium ligatures to stop bleeding vessels in three patients in 1878.[2, 3] An-
other pioneer, Erwin Payr studied the degradation of pure magnesium pins,
plates, sheets spheres, wires, pegs clamps and nails in 1898.[2] However due
to its rapid and uncontrolled degradation and production of hydrogen gas,
magnesium was abandoned in favor of stable non-degradable metals such as
stainless steel.[2] In 1924 Zierold studied bone fixation using a number of dif-
ferent metal implants. Iron was found to corrode rapidly and to cause bone
resorption whereas discolored tissue was found adjacent to zinc and mag-
nesium implants. A more successful result was described for a Co-Cr alloy,
Stellite™, which was stable and well tolerated.[4] In 1926 Large described
18-8 steel containing molybdenum as an inert and suitable implant mate-
rial. Stainless steel and Co-Cr are still used today as standard materials for
metallic implants due to their strength and bio-inertness. During the 1960s

1
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Brånemark studied the interactions of titanium implanted in bone. He found
new formation of bone on the implant surface and tight integration between
the bone and the metal. This phenomenon was named osseointegration and
has led to the widespread use of titanium for dental implants.[5]

Stainless steel and Co-Cr alloys are examples of the first generation of
biomaterials. Hench defined the target of these materials as to “achieve a
suitable combination of physical properties to match those of the replaced
tissue with a minimal toxic response of the host”.[6] That is the ideal bio-
material should be inert to the biological environment with minimal inter-
action with the surrounding tissue. Any foreign material implanted in a
human body triggers the immune system. In the ideal case the immune
response is to form a thin layer of fibrotic tissue on the implant, isolating
the implant from the surrounding tissue.[6] In the less ideal case a thicker
fibrotic layer forms which may cause inflammation, calcification and hard-
ening, damaging the patients’ health and quality of life.[6] In some cases
a second surgery to remove the implant is necessary, exposing the patient
to pain and stress as well as increasing health-care costs. The 1980s saw
the advent of a second generation of biomaterials, not inert, but designed
to react with the biological environment in an advantageous and controlled
manner.[6, 7] Degradable polymeric materials were developed that are grad-
ually resorbed by the body and replaced by new tissue indistinguishable
from the surrounding environment as illustrated in Figure 1.1. Degrad-
able materials are ideal for temporary applications where the implant is
only required during a healing and remodeling phase. When the implant is
fully degraded there is little risk for long term adverse effects due to the im-
mune response and formation of thick fibrotic tissue.[7] Sutures composed of
degradable polymers are routinely used in modern health care. Degradable
polymers do however possess relatively low strength and high creep render-
ing them unsuitable for applications where significant loads are exerted on
the implant. Another issue is the low radiopacity of degradable polymers
and the need for non-degradable markers for X-ray visibility. Further, the
degradation via hydrolysis is a bulk process which may cause swelling and
unpredictable loss of mechanical strength.

In the early 21st century biodegradable metals were suggested as an alter-
native to degradable polymers for orthopedic, cardiovascular and pediatric
applications. In 2001 Peuster et al. published a study on the degradation
of iron stents in the aorta of New Zealand white rabbits.[8] The biological
response to the iron stent was very promising with low toxicity, however the
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Figure 1.1: General evolution of degradable implants and tissue with time

degradation rate was found to be too low. Witte et al. evaluated magnesium
alloys as degradable bone implants in 2005 and Waksman et al. reported
on the safety of magnesium stents in porcine arteries in 2006.[9, 10] Al-
though the purity and properties of magnesium alloys had improved signif-
icantly since the 19th century the issues of rapid degradation and hydrogen
production still remained. To date one magnesium based resorbable stent,
Magmaris™(Biotronik) and one bone screw, MAGNEZIX™(Syntelix) has
received CE marking.[11, 12] In 2011, given the limited success of magnesium
and iron, Vojtech et al. suggested zinc as a third potential biodegradable
metal with a suitable degradation rate between that of magnesium and iron.
[13] For this reason zinc has received growing interest by the scientific com-
munity during the last years.

1.2 Motivation

Despite the large number of publications and progress during the last decade
a gap still remains between the properties of existing biodegradable metals
and the desired properties for the intended applications.[12, 14] In addition
to suitable degradation rate and mechanism the metal must have the me-
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chanical strength and ductility to withstand any load applied during implan-
tation and later exertions from patient movement in everyday life. Further
the metal and its degradation products must be nontoxic and biocompatible.
When evaluating new materials in vivo, animal models are often used due
to similarity to the clinical situation. Animal studies are however subject
to ethical concerns, time consuming and expensive. To avoid animal studies
researchers attempt to develop suitable in vitro test methods aimed at repli-
cating the in vivo environment. A number of factors including the presence
of ions and organic species, as well as mechanical loading should be consid-
ered when evaluating the corrosion of new biodegradable metals.[15, 16, 17]
Various factors may be of significance and influence in different ways for
different materials. It is therefore important to carefully evaluate the ap-
propriate test environment for new materials.

In vitro models may not only replicate the in vivo environment but also
offers advantages. The possibility to control and vary different factors can
improve the understanding of the corrosion processes. Further by employing
in situ measurement techniques information not obtained in vivo may be
gained in vitro.

The aim of this thesis was to investigate the degradation of zinc and mag-
nesium and their alloys by in vitro methods to achieve better understanding
of the degradation mechanism. A primary aim was to evaluate the corrosion
of pure zinc and magnesium in various common buffer solutions as well as
in human whole blood to find a suitable test environment. A second aim
was to employ the knowledge gained from these initial tests to evaluate the
influence of other factors such as strain and to evaluate the potential of new
zinc alloys.

1.3 Reading guidance

Chapter 2 covers applications of biodegradable metals and a brief introduc-
tion to the properties of the common candidate materials: iron, magnesium
and zinc. Chapter 3 explains the degradation mechanism of metals, i.e. cor-
rosion, including the influence of factors in the surrounding environment and
evaluation methods for degradable metals. Chapter 4 provides an introduc-
tion to electrochemistry. Chapter 5 describes the experimental techniques
used in this thesis. Chapter 6 presents a summary of the results obtained
and Chapter 7 gives concluding remarks and a future outlook.



Chapter 2

Biodegradable metals

2.1 Applications for biodegradable metals

The two most commonly suggested applications for biodegradable metals are
as bone fixtures, i.e. plates and screws, and as cardiovascular stents. The
requirements that an implant material must fulfill for these applications are
very different as described in the subsections below.

2.1.1 Biocompatibility

One demand is always of highest priority when evaluating implant materi-
als - the material must be biocompatible. As mention in the introduction
the first generation of biomaterials consisted of inert materials.[6, 7, 18]
The definition of a biocompatible material was therefore a list of reactions
that should not occur. A biocompatible material should be non-toxic, non-
carcinogenic, non-immunogenic, non-thrombogenic, and so on. The ideal
biomaterial should induce as little response from the body as possible. How-
ever, as new materials were developed it became apparent that this definition
was insufficient.[18]

Firstly, the environment surrounding an implant can vary greatly de-
pending on where it is implanted. Factors such as pH, flow of biological
fluids and chemical environment will influence the response of the body to
a material.[18]

Secondly, modern biomaterials are often designed to react with the sur-
rounding tissue.[6, 7, 18] The ideal response of the body is therefore no
longer to simply ignore the implant. A modern definition of biocompatibil-
ity is hence:

5
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"The ability of a material to perform with an appropriate host response in
a specific situation"[18]

This is a very broad definition and it is therefore important to specify the
application and what the intended response is when claiming that a material
is biocompatible.

How and why a material induces a certain host response is a complex
issue, and the details are beyond the scope of this thesis. Briefly, all im-
plants cause an acute inflammatory reaction within seconds of implantation.
Specific proteins adsorb on the surface and change conformation which can
activate defense mechanisms such as the coagulation cascade or complement
system.[19] In the worst case, this complex chain of biomolecular and cellu-
lar events results in the extrusion or rejection of the implant. In the ideal
case, a stable encapsulation by thin fibrotic tissue or implant integration is
achieved.[19] When evaluating the biocompatibility of degradable implants
it is important to consider the effect of degradation products as well as the
implant itself. None of them should induce any local or systemic toxic,
cytotoxic, carcinogenic or any other negative effects.[12]

2.1.2 Bone fixation devices

The technique to fixate fractured bone with screws and plates has changed
little during the last century. Typically implants composed of stainless
steel or CoCr are employed to hold the bone in place during the bone
remodeling.[20] There is however an increasing concern regarding the release
of toxic ions from bone implants by corrosion and wear and late inflamma-
tory responses.[21] It is therefore recommended that permanent implants
used for temporary applications be removed 1 to 2 years after implantation
in patients younger than 60 years.[20]

Metallic implants are generally preferred over degradable polymeric im-
plants for bone fixation as metals possess higher tensile strength, TS.[20] The
mechanical properties of a few common metallic implant materials and cor-
tical bone are presented in Table 2.1. High TS is required to withstand the
loads exerted by patient movement. Furthermore bone fixtures should have
a similar hardness to cortical bone. When load is exerted on bone the bone
cells, osteoblasts, are stimulated to produce stronger bone. Present per-
manent fixtures, which are harder than bone, absorbs stress from the bone
matrix (stress shielding), thus inducing subsequent bone resorption.[22]
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Table 2.1: Mechanical properties of some common biomaterials and cortical
bone.*molecular weight (MW): 550’000 g mol–1 **MW: 44’000 g mol–1[23, 24,
25, 26, 27, 28, 29]

Material/Tissue UTS [MPa] Elongation [%] Density [g cm−3]
Cortical bone 35-280 1.7-2.1 1.8-2.0

CoCrMo 650 8.0 8.3
SS 316L 490-1400 12-40 8.0

Poly-DL-lactid acid* 35 5.0 1.2
Poly-e-caprolactone** 16 80 1.1

Mg 160 3.0 1.7
AZ61 170 2.1 1.8

Fe, electroformed 420 8.3 7.9
Zn, extruded 100 8 7.1

Zn-0.8wt%Mg extruded 300 13 not reported

2.1.3 Cardiovascular stents

Cardiovascular stents are used to treat coronary artery disease, Figure 2.1.
The coronary arteries supply the myocardium (heart muscle cells) with nu-
trients and oxygen.[30] Healthy vessels have a smooth elastic vessel wall, Fig-
ure 2.1a. Diseased coronary arteries have a decreased lumen due to plaque
deposits, composed of fats and cholesterol. In severe cases the plaque calci-
fies, causing the vessel to become stenotic.[30] A stenotic vessel is less elastic
than a healthy vessel and restricts the maximum blood flow, i.e. the supply
of nutrients and oxygen to the myocardium. During physical exercise the
reduced blood flow may cause angina (chest pain).[30] If left untreated the
plaque may detach from the arterial wall and cause acute myocardial in-
farction. This is a severe condition where the artery is completely occluded,
which effects the heart function and may cause detrimental damage and
even death.[30]

During the 1980s a new treatment for myocardial infarction was devel-
oped, percutaneous coronary intervention(PCI).[31] In PCI a metal stent,
crimped over a deflated balloon, is inserted via the femoral artery to the
coronary artery and inflated at the stenotic part, Figure 2.1b.[30, 31] Inflat-
ing the balloon expands the stent and restores blood flow, Figure2.1c. The
expanded stent remains after the intervention to preserve the lumen size,
Figure2.1d. A key aspect is therefore to prevent negative remodeling of the
blood vessel and restenosis, i.e. narrowing of the blood vessel due to growth
of smooth muscle cells.[32]

The first generation of stents, bare metal stents (BMS), for example com-
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Figure 2.1: schematic illustration of percutaneous coronary intervention. a) healthy
coronary vessel. b) vessel with myocardial infarction and deflated balloon with
crimped stent. c) inflated balloon and expanded stent. d) vessel with expanded
stent after balloon is withdrawn.

prised of stainless steel, were effective in short term evaluations. However,
mid and long term evaluations revealed late lumen loss caused by in-stent
restenosis.[31, 33] A second generation of drug eluting stents (DES) were
developed which prevent in-stent restenosis by anti-proliferate pharmaco-
logical compounds.[31] Modern DES are effective in preventing restenosis,
but do still leave a permanent metallic strut which may cause late in-stent
thrombosis and other long term adverse effects.[34, 33] Further, permanent
struts are of limited use for pediatric patients as the strut does not grow
with the growing tissue.[8]

For these reasons degradable stents which support the vessel during heal-
ing and remodeling (3-6 months) and then degrade after 1 to 2 years have re-
ceived attention during the last decade.[14, 33] The desired mechanical prop-
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erties of stents are a combination of high ultimate tensile strength (UTS) and
low yield strength (YS). A stent should possess sufficient strength to hold
the vessel in the expanded state during healing and remodeling but not such
a high strength as to complicate the expansion.[14] Further, a high ductility
is required for expansion during the PCI. However, the elasticity should be
low in order to limit the elastic recoil once the inflation balloon is removed.
The desired ultimate tensile strength (UTS) is above 300 MPa. The yield
strength (YS) should be low, around 200 MPa. [14] A high YS may cause
acute recoil during or shortly after the expansion. There is no critical value
for the Young’s modulus (YM), but a high value is desired to reduce recoil.
The elongation to failure of current stent materials is around 30 % but 15-18
% is often reported as acceptable.[14] Degradable polymers proved difficult
to use as stent material due to incompatible mechanical and degradation
properties.[33] To date ABSORB™(Abbott Vascular) degradable polymeric
stent has received CE mark and FDA approval and the degradable polymer
stent DESolve™(Elixir Medical) has CE mark.[34] Clinical trials for the
magnesium based absorbable stent DREAMS 2G™(Biotronik) are ongoing.
The six month results are reported as promising with improved outcomes
compared to previous generations.[35]

2.2 Magnesium

Magnesium is commonly used in the aerospace and automobile indus-
tries due to its combination of mechanical strength and low density (low
weight).[36, 37] As presented in Table 2.1 the hardness of magnesium is
close to that of cortical bone rendering it an attractive material for bone
implant applications. Further, magnesium is one of the most abundant el-
ements in the human body (21-28 grams) present in all types of cells.[38]
It is an essential element which is involved in over 300 enzymatic reactions
including, ATP synthesis, DNA stabilization and glycogen breakdown.[38]
The normal blood serum level of magnesium is 0.73-1.06 mmol/L.[39] and
homeostasis is maintained by the kidneys and intestines. Systemic toxicity
from a degrading magnesium implant is therefore highly unlikely.

Initial in vivo evaluation of magnesium as a biodegradable implant mate-
rial demonstrated good biocompatibility and bone ingrowth.[9] However, an
increased corrosion rate, and associated production of hydrogen gas bubbles
was observed. It is therefore desired to decrease the susceptibility of mag-
nesium implants to corrosion. Alloying with aluminum is a common route
which creates a two phase alloy with superior mechanical strength as well as
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decreased corrosion rate.[36] Concerns have however been raised about the
biocompatibility of Mg-Al alloys as aluminum is linked to Alzheimer dis-
ease. The addition of rare earth metals to magnesium alloys is also known
to decease the corrosion rate. The biological effects of rare earth metals
have however not been thoroughly evaluated. Mg-Zn based alloys have also
been suggested and decreased corrosion rates are reported.[40] Other sug-
gested routes to limit corrosion include coating with hydroxyapatite[41] or
microstructure refinement by for example equal channel angular pressing.
[42] A review of the current status of development of magnesium based
biodegradable metals is provided by Zheng et al. in reference [12].

2.3 Iron

Wrought iron has been used for weapons and tools since ancient times.
Today iron accounts over 90 % of the worldwide metal production due to its
low cost and high strength.[37] The low cost and high strength together with
low toxicity made iron an attractive potential implant material, primarily
for degradable stents.[12] It is an essential element for the human body, most
commonly known for its role in oxygen transport. The average adult human
body contains 4 grams of iron, of which approximately 3 grams is in the
hemoglobin.[37]

The first animal studies of iron as a degradable implant material re-
ported excellent compatibility.[8] However the degradation rate was slow,
to the point where the implant could be considered permanent.[8] Further,
voluminous corrosion product was formed in contact with the arterial wall
and retained for 9 months which could complicate the healing process.[43]

Another potential issue of iron is the ferromagnetism which renders the
material incompatible with magnetic resonance imaging (MRI). Attempts
to increase the corrosion rate by alloying with, for example, Mn and Mn-
Si have been successful.[44, 45] However to-date no iron based degradable
implant has received CE mark or FDA approval.

2.4 Zinc

Zinc is commonly used as a corrosion protective coating. The anti-corrosion
properties of zinc are further explained in section 3.3. Other applications
include zinc sheets in batteries and in brass used for die casting.[37]

In 2011 Vojtech et al. published a paper introducing Zn based alloys as
potential biodegradable metals.[13] Soon after, in 2013, Bowen et al. pub-
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lished an in vivo study on the degradation of pure zinc in rat aorta.[46]
In both studies the corrosion rate was determined to be in range of tens of
microns per year (between that of iron and magnesium). This is an ideal cor-
rosion rate for both cardiovascular stents and bone implant applications.[13,
46]

Zinc is an essential trace element involved in a number of processes in
the cell, including DNA regulation and cell proliferation, diversification and
apoptosis.[47]. The average adult body contains 2-3 grams of zinc. The lower
amount of zinc compared to magnesium raised concerns for potential toxic
effects. However several in vivo studies showed excellent biocompatibility
with no tissue necrosis, inflammatory response or repulsion adjacent to the
implant.[46, 48, 49]

While zinc has favorable corrosion and biological properties it is too weak
to be used as an implant material. Researchers have attempted to solve
this by alloying. Li et al. investigated the mechanical properties, degra-
dation and biocompatibility of Zn-X alloy, where X is Mg, Ca or Sr. All
alloys demonstrated improved strength, suitable corrosion rate and accept-
able biocompatibility.[50] By alloying with low levels of Mg (0-3 weight%)
a binary micro structure is obtained with a primary Zn phase and a Zn-
Mg2Zn11 eutectic phase. The Zn-Mg alloys possess superior strength due
to solid solution hardening, and by the introduction of a harder secondary
phase.[29, 50, 51] The secondary phase also reduces the elongation of the
alloy compared to pure zinc. The mechanical properties are thus a tradeoff
between increasing UTS and decreasing elongation. Compositions in the
range of 0.5 to 1.0 weight% have been recommended as optimal for maxi-
mizing the UTS whilst minimizing the reduction in elongation.[29, 50, 51]

Although alloying with Mg increases the strength none of the Zn-Mg
alloys so far presented reached the 300 MPa benchmark for cardiovascular
stents.[14] Further improvements of the mechanical properties have been
achieved with ternary Zn-Mg based alloys such as Zn-Mg-Mn, Zn-Mg-Ca
and Zn-Mg-Sr.[52, 53] Recently Zn-Ag and Zn-Li have also been suggested
as alternatives to Zn-Mg alloys.[54, 55]





Chapter 3

Degradation of metals

3.1 Basics of corrosion

Metals degrade by the oxidation of metallic atoms into cations.[56] The
general reaction mechanism can be divided into two half reactions, described
in Figure 3.1. The anodic half reaction is the metal oxidation from the
metallic state M to the ionic state M+. The cathodic half reaction is usually
the reduction of oxygen to water or water to atomic hydrogen. Electrons
are produced by the anodic half reaction and consumed by the cathodic
reaction, thus preserving the overall electro neutrality.[56] The production
and consummation of electrons implies a flow of electrons, i.e. a current. The
electrochemical nature of corrosion implies that the reaction is governed by
electrochemical thermodynamic and kinetic laws which are further discussed
in Chapter 4.

Figure 3.1: General description of corrosion half reactions
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3.2 Oxide layer formation and passivation

Some metals including magnesium and zinc possess a native protective oxide
film in air which renders them corrosion resistant. In contact with air a three
dimensional oxide layer forms spontaneously.[57]

Mg + O2 → MgO(s) (3.1)

In a humid environment the formed layer can also be a hydroxide:

Mg + 2 H2O→ Mg(OH)2(s) + H2 (3.2)

The precise nature of the film e.g. its thickness, structure, or if it is an
oxide or hydroxide depends on a range of factors such as pH, temperature
and pressure.[57] The corresponding reaction for zinc degradation is.

Zn + 2H2O→ Zn(OH)2(s) + 2H+ (3.3)

Magnesium and zinc are both reactive metals for which the dissolution
into ions is thermodynamically favorable. However, the formation of an
oxide/hydroxide passivizing layer creates a kinetic barrier between the metal
atoms and oxygen. As the layer thickens the diffusion of metal cations
through the oxide decreases. Finally, at some thickness the diffusion is so
slow that the corrosion effectively halts.[57]

3.3 Corrosion mechanisms

Without an externally applied potential the anodic and cathodic reactions
will occur at different sites on the metal surface. Homogeneous corrosion
occurs when small cathodic and anodic sites are evenly dispersed over the
surface. For a degradable metal this is the desired corrosion mechanism as
an implant would degrade evenly from the outside in.

Pitting corrosion can occur on metals that are coated with corrosion
protective paint or have a passivizing oxide layer, e.g. stainless steel and
magnesium.[58] As long as the paint or oxide remains intact the underlying
metal is protected from corrosion. If the protective layer is damaged the
exposed metal will function as the anode and the surrounding area as the
cathode. The anodic reaction may result in new oxide formation and repas-
sivation of the damaged area. However if the pit is not repassivated but
grows, the potential drop between the pit and the surrounding passivized
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area along with the flow of ions helps to stabilize the pit.[58] Extensive an-
odic dissolution will then occur locally and the pit can grow and penetrate
rapidly into the implant. In the worst case pitting may cause unpredictable
failure, Figure 3.3.

Stress corrosion cracking, SCC, occurs on certain metals when they are
subjected to stress in a corrosive environment, Figure 3.4.[59]. Low levels of
stress enhance the effect of the corrosive environment. For example increased
pitting corrosion can occur due to damage to the passivizing layer induced
by the stress. The increased corrosion then enhances the effect of the applied
load and may compromise the mechanical integrity of the material. In the
end, cracking and subsequent failure may occur at much lower loads than in
an inert environment.

Bimetallic or galvanic corrosion occurs if two different metals are in elec-
trical contact with each other. One metal will inevitably be more noble
than the other, Figure 3.2. The more reactive (less noble) metal will thus
function as an anode and suffer selective dissolution. Zinc is often used as
a protective coating on steel, i.e. galvanized steel. Zinc is used both for its
corrosion resistance in air and for its lower rest potential (increased reactiv-
ity) relative to steel. If the zinc coating is damaged the zinc will function as
an anode and be dissolved rather than the underlying steel. This prevents
pitting corrosion that could occur if the steel was reactive relative to the
coating. Alloys with two or more phases can suffer micro galvanic corro-
sion when one of the phases is cathodic to the other. The anodic phase is
thus selectively dissolved, Figure 3.2. Magnesium alloys often incorporate a
cathodic (more noble) secondary phase and thus degrade via selective an-
odic dissolution of the primary Mg phase.[36] A detailed description of the
microgalvanic corrosion of magnesium alloy WE43 in a simulated biological
environment is provided by Kalb et al. in reference [60].

3.4 Factors influencing corrosion

This section discusses some of the environmental factors that may influence
the corrosion of biodegradable metals including ions, pH, mechanical load
and biological species such as proteins and cells.

3.4.1 Influence of ions

The human body contains a number of ions including Cl– , PH3–
4 , and CO2–

3 .
Cl– is an aggressive ion known to accelerate corrosion. When magnesium or
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Figure 3.2: schematic illustration of galvanic corrosion. Above; macrogalvanic
corrosion. Below; microgalvanic corrosion.

zinc is exposed to a chloride containing solution the Cl– can react with the
oxide and form soluble MgCl2 or ZnCl2 thus weakening the oxide film.[16,
61, 62]

Zn(OH)2 + 2Cl− → ZnCl2(aq) + 2OH− (3.4)
As a result of the Cl– dissolution the passivizing layer may breakdown

at sites of local weakness, such as grain boundaries or impurities (see Fig-
ure 3.3a). The local failure of the oxide film can be the initiation site of
pitting corrosion.[16, 36, 61] Metal cations are formed in the pit by the
anodic reaction. The produced cations attract anions such as Cl– causing
them to diffuse into the pit to preserve electro neutrality. On the other
hand, the diffusion of O2 into the pit is low resulting in differential aeration.
High concentrations of Cl– and low concentration of O2 in the pit prevents
repassivation and pitting corrosion is thus sustained in a self-perpetuating
mechanism (see Figure 3.3b). The cathodic reaction will occur on the sur-
face surrounding the pit which produces OH– and will increase the local pH
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Figure 3.3: Illustration of pitting corrosion. a) passive layer breakdown and pit
initiation b) vertical pit growth c) lateral pit growth with corrosion product pre-
cipitation at the cathode.

at the cathode. The pH increase will cause an increase in corrosion product
precipitation. Pits are therefore often surrounded or covered by corrosion
product (see Figure 3.3c). Pitting is one of the more serious forms of corro-
sion as it may occur on only a small part of the surface, making it difficult to
detect. At the same time a vertical pit, Figure 3.3b can penetrate deep into
the metal matrix causing a weakening of the mechanical properties and, in
the worst case, failure. The pits formed on magnesium tend to spread later-
ally rather than vertically, gradually covering more and more of the surface,
Figure 3.3c.[36] This form of corrosion is often referred to as localized to
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separate it from the vertical pitting observed on for example stainless steel.
A related corrosion mechanism to pitting corrosion is crevice corrosion

which can be created by the geometry or design of a metallic device, for
example by a crevice created between a screw pressed against a plate. As in
a pit, an increasingly aggressive environment will be created in the crevice
by the increased diffusion of anions and limited diffusion of O2.

The aggressive effect of Cl– can be reduced to some extent by the pres-
ence of other anions e.g. PH3–

4 or CO2–
3 . These anions often form insoluble

corrosion products together with metal cations.

Mg2+ + PO3−
4− → Mg3(PO4)2(s) (3.5)

and

Mg2+ + CO2−
3 → Mg(CO3)(s) (3.6)

Phosphates and carbonates are known to precipitate on corroding zinc
surfaces as well. The formed corrosion products precipitate on the metal
surface to form a protective layer.[61, 63] The precipitated layer limits the
diffusion of metal cations away from the metal surface and diffusion of anions
to the metal surface thus restricting the corrosion rate.

Ca2+ in itself does not affect the corrosion of magnesium. However cal-
cium phosphates can form on magnesium surfaces in solutions containing
both Ca2+ and PH3–

4 .[?, 64] This formation is of particular interest as cal-
cium phosphate is a major component of bone and is believed to improve
osseointegration.

3.4.2 Influence of pH

The pH of the surrounding environment can have a great effect on the cor-
rosion of metals. As a general rule the solubility of corrosion products
decreases with increasing pH. There is thus an increasing likelihood of pre-
cipitation of protective corrosion products and decreasing corrosion rates
with increasing pH.

During magnesium corrosion the formed Mg2+ ions quickly react with
OH– to form Mg(OH)2, Equation 3.2. At pH above 10.5 Mg(OH)2 is insol-
uble and thus forms a protective layer which greatly decreases the corrosion
rate. At a more acidic pH the film is unstable and less protective.[36] The
corrosion rate is thus increased at pH < 10.5. However the Mg(OH)2 film is
not dissolved but exists in a steady state of formation and dissolution. The



3.4. FACTORS INFLUENCING CORROSION 19

cathodic reaction of magnesium is hydrogen production which also produces
OH– and increasing pH. If the production of OH– is faster than the diffu-
sion of OH– away from the surface, the pH close to the corroding surface
may be higher than the bulk pH of the solution. At the biological pH of
7.4 a metastable Mg(OH)2 film may thus precipitate if the pH at the metal
solution interface is higher than 10.5. The Mg(OH)2 film decreases the cor-
rosion rate and thus also the production of OH– . This causes the local pH
to decrease which increases the solubility of the Mg(OH)2 film. This in turn
increases the corrosion rate which causes the pH to increase thus stabilizing
the film.[36]

The Zn(OH)2 film produced by zinc corrosion is less solvable and stable
in a wider pH range than the Mg(OH)2 film formed on magnesium. At pH
between 6 and 12 the corrosion rate of zinc is thus decreased relative to more
acidic or basic environments.[65]

3.4.3 Influence of organic species

In addition to the inorganic ions a biodegradable implant is also exposed
to a number of biological species in the clinical situation, e.g. proteins,
cells, lipids and amino acids. A number of studies on the effect of organic
molecules on magnesium corrosion have been published.[16, 64, 66, 67] How-
ever, the results are conflicting and the precise influence of these species on
the corrosion of degradable metals is not known.

Seuss et al. found decreased corrosion of the magnesium alloy AZ91 in
the presence of living HeLa cells. The decreased corrosion was attributed to
the adhesion of cells on the sample surface, which acted as physical barrier to
limit the electrochemical reaction.[66] On the other hand, Zhang et al. found
increasing corrosion rate of MgNbZnZr alloy when human umbilical chord
endothelial cells were grown on the surface.[68] The increase in corrosion
rate was explained by the consumption and binding of proteins during the
proliferation of the cells. In cell culture media without cells proteins were
integrated into crevices and defects in the corrosion product layer. The
proteins thus increased the density of the corrosion layer, preventing the
diffusion of aggressive ions and decreasing the corrosion rate. When cells
were proliferated on the surface the availability of proteins to integrate in
the layer decreased and the corrosion rate increased.[68]

The addition of fetal calf serum to Dulbecco’s Modified Eagle Medium
was found to decrease the initial corrosion rate of magnesium alloys by
Hornberger et al.. The decrease was described as a kinetic "slow down effect"
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due to formation of a diffusion barrier of adsorbed proteins.[67] Albumin is
the most common protein in blood plasma. The adsorption of albumin on
magnesium alloys has been shown to decrease the corrosion rate in an NaCl
solution, relative to an NaCl solution without albumin.[69] However the
addition of albumin to phosphate buffered saline (PBS) was found to increase
the corrosion rate of magnesium.[16] This was explained by formation of a
more porous, less protective phosphate layer.

Yamamoto et al. found increased corrosion rate of magnesium in the
presence of amino acids due to chelating of Mg2+. However the corrosion
rate decreased when fetal bovine serum (FBS) was added due to protein
adsorption.[64] In conclusion the interaction of organic compounds with the
corroding metal surface appears complex and not fully understood.

There is less research on the influence of organic species on zinc corrosion.
In vivo studies do show incorporation of organic substances in the corrosion
product layer, indicating that the species do play an important role in zinc
degradation in the biological environment.[49]

3.4.4 Influence of load

During the working life of a degradable metal implant it must be able to
withstand any load exerted on it. For example, bone implants experience
loads during patient movement. Physicians are also known to forcefully bend
implants to fit the patient’s physiology. Cardiovascular stents experience a
high strain during balloon expansion followed by low repeated loads during
its functional life due to the contractions and relaxations of the heart.

Some metals, including magnesium alloys may suffer SCC when exposed
to loads in a corrosive environment, Figure 3.4.[70] In the worst case scenario,
low levels of stress can cause increased corrosion and ultimately premature
failure.

Two different mechanisms have been used to explain SCC in magne-
sium alloys. Crack initiation is induced by local damage to the Mg(OH)2
layer due to the applied load, Figure 3.4 left. Crack propagation is then
caused either by the preferential anodic dissolution mechanism or hydrogen
embrittlement.[70] In the preferential anodic dissolution mechanism crack
propagation occurs by increased anodic dissolution of the Mg phase along
the cathodic grain boundaries, Figure 3.4 middle. Thus this mechanism is
typically associated with intragranular cracking.

In the hydrogen embrittlement mechanism hydrogen produced by the
cathodic reaction is absorbed by the metal matrix, Figure 3.4 right. If
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Figure 3.4: Stress corrosion cracking of magnesium alloy. Left; crack initiation.
Middle; crack propagation by selective dissolution. Right; crack propagation by
hydrogen embitterment.

enough hydrogen is absorbed the atomic hydrogen may recombine to form
hydrogen gas. Pockets of gas cause local mechanical weaknesses at the
crack tip and crack propagation. Hydrogen embitterment is associated with
transgranular cracking as it is more likely to propagate in a direct path.

A few studies on the stress corrosion of Mg alloys in biologically relevant
environments have been published. Choudhary and Raman evaluated the
stress corrosion of magnesium alloys AZ91D and Mg-3wt%Zn-1 wt%Ca in a
biologically relevant environment. Both alloys were found to be susceptible
to SCC via transgranular cracking.[71]

3.5 Evaluation of biodegradable metals

3.5.1 In vivo techniques

Prior to any trial of a medical device on humans, extensive animal (in vivo)
testing must take place to evaluate the safety and efficacy of the device. Dur-
ing animal studies the degradation of metallic implants can be evaluated in
situ by micro tomography, and afterwards by e.g. microscopy, histology and
weight loss measurements.[72] Although in vivo tests offer the best predic-
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tion of a material performance animal studies are subject to serious ethical
concerns. In addition, animal studies are time consuming and expensive.
Care should be taken to avoid unnecessary animal tests where the same
knowledge may be obtained in other ways. Initial screening of potential
biodegradable metals to exclude unsuitable materials prior to animal test-
ing is therefore desirable. A review of in vivo studies on magnesium and iron
based biodegradable metals is provided by Zheng et al. in reference [12].

Mg based degradable metals have been implanted in both large (sheep)
and small (rats, guinea pigs and rabbits) animals to evaluate the degradation
in both bone and blood vessels. Magnesium based materials generally show
advantageous host response in bone with new bone formation and bone in-
growth to the implant surface. In 70 % of the studies formation of hydrogen
gas bubbles was reported during the early stages (the first month) of degra-
dation. The hydrogen disappeared with time without intervention, but it
inducesed moderate inflammatory responses. Degradation periods between
4 and 52 weeks were reported depending on microstructure and processing
history of the implant. However loss of mechanical integrity occurs at ear-
lier times. Slower and more homogeneous degradation is desired to prolong
the working lifetime of implants. The degradation of magnesium based ma-
terial has also been evaluated in various blood vessels, including coronary
and pulmonary arteries and lower limb vessels. In almost all cases intimal
hyperplasia and decreasing lumen diameter were reported.

A smaller number of animal studies have been performed on Zn based
degradable metals. Bowen et al. evaluated the corrosion and biocompatabil-
ity of pure zinc in rat aorta. The zinc implants remained intact for 4 months
which is a suitable time frame for stent applications.[46] Further there was
no detected intimal hyperplasia, necrosis or inflammatory response.[48] Long
term (20 month) evaluation showed a steady degradation rate and no in-
flammatory response suggesting that a zinc stent would be safely degraded
within 1-2 years. A newly developed Zn-Li alloy has also been evaluated in
rat aorta. The corrosion rate was slightly lower compared to pure zinc and
the biocompatibility was acceptable with moderate inflammatory response
and intima formation.[55] Li et al. evaluated the degradation of Zn-Mg,
Zn-Ca and Zn-Sr alloys in rat femurs. The degradation rate was found to
be 0.2 mmyr–1 with new bone formation after one week. No inflammation
was observed around the implant.[50]
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3.5.2 In vitro techniques

In vitro testing of biodegradable metals can be divided into two broad cate-
gories, the evaluation of corrosion and corrosion rates and evaluation of tox-
icity/biocompatibility. The latter involves advanced techniques for cell cul-
ture as current standards for cytotoxicity are not applicable for biodegrad-
able metals. Discussion and work to produce relevant standards for toxicity
are ongoing. This complex topic will not be discussed further here. The
interested reader is referred to reference [73] for a summary of the current
standards and proposed modifications.

The proper methodology when performing in vitro corrosion testing of
biodegradable metals has been under discussion by the scientific commu-
nity for over a decade.[74] Witte et al. demonstrated the unsuitability of
current standards for corrosion testing due to the influence of the factors
covered in Section 3.4.[75] Inconsistencies between in vivo and in vitro re-
sults were concluded by Mueller et al. to originate from differences in test
medium composition, alloy composition and surface treatments.[76] In 2012
an ASTM-FDA workshop was held on the topic of standardization of in vitro
corrosion testing of biodegradable metals such as Mg and Zn. Although the
work to produce suitable standards is ongoing, a meta study by Martinez
Sanchez et al. demonstrated poor correlation between in vivo and in vitro
corrosion rates for magnesium alloys.[72] The corrosion rate was lower in
vivo for all alloys except one, with the decrease varying between 1-4 times.
This large variation demonstrates the need for further understanding on how
to obtain physiological relevant results from in vitro measurements.

A number of factors should be considered when designing an in vitro ex-
periment. As mention in Section 3.4 ionic composition, pH, organic species,
and external forces should be considered. In addition, the amount of so-
lution to surface area ratio should be sufficiently large to avoid buildup of
soluble corrosion products and changes in pH.[77, 78, 79] During long im-
mersion time measurements the solution should be replenished regularly for
the same reasons.

The biological pH, 7.4, is effectively buffered to maintain homeostasis,
mainly by the equilibrium between carbon dioxide CO2 and bicarbonate
HCO–

3 .

CO2 + H2O � H2(CO3) � HCO−
3 + H+ � CO2−

3 + 2H+ (3.7)

Thus, the OH– produced by a degradable magnesium implant does not
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have any effect on the systemic biological pH. Depending of the flow of fluids
around the implant the pH may be increased locally. In in vitro experiments
the pH is often buffered with zwitter ionic buffers such as 4-(2-hydroxyetyl)-
1- piperazineethanesulfonic acid (HEPES) or tris(hydroxymetyl)aminomethanse
(TRIS) which maintains the pH of the solution without affecting the ionic
strength. However TRIS and HEPES have been shown to increase the corro-
sion rate of magnesium compared to solutions buffered by CO2 bubbling.[64,
80, 81, 82] TRIS and HEPES have high buffering capacity and effectively
remove OH– produced at the corroding magnesium surface, Equation 3.2.
The local surface pH is thus preserved at a lower value and the corrosion rate
is increased by the mechanism described in Section 3.4.2 Increased precipi-
tation of corrosion products such as magnesium phosphates and carbonates
or calcium phosphates and carbonates is observed in CO2 buffered solutions
compared to solutions buffered with TRIS or HEPES. It is also suggested
that the zwitterionic buffers may react directly with MgOH to dissolve the
passivizing MgOH layer and induce pitting corrosion. A third mechanism
to increase the corrosion may be the complex formation between the zwitte-
rionic buffer and Mg2+. If Mg2+ is consumed by the buffer, the production
of Mg(OH)2 is decreased and the corrosion rate increases.

3.5.3 Non-electrochemical corrosion rate measurements

The corrosion rate of a degradable metal can be determined by electrochem-
ical in vitro techniques which are further described in Chapter 5. It is also
possible to obtain the corrosion rate by non-electrochemical techniques. Two
of the most commonly used techniques in the field of degradable metals are
mass loss experiments and hydrogen evolution measurements.

A mass loss experiment is a simple straightforward technique for measur-
ing the corrosion rate. Samples are weighed prior to immersion in a suitable
solution. After a predetermined time the samples are removed from the so-
lution and carefully cleaned to remove any corrosion product according to
ASTM standard G1-03.[83] They are then weighed again and the corrosion
rate can be calculated from the weight loss.[78] Weight loss experiments
are popular due to their simplicity. However they also have some signifi-
cant drawbacks. Although data may be obtained on the relative corrosion
rates for different metals, no information is obtained on the respective cor-
rosion mechanisms and why one corrode faster than the other. Further,
the determined corrosion rate is the average corrosion rate during the entire
immersion time. The mass loss technique does not provide any information
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regarding changes in the corrosion rate with time. The rate may very well
be high shortly after immersion and decrease at longer immersion times or
vice versa.[78]

Hydrogen evolution experiments revolve around cathodic hydrogen pro-
duction during magnesium corrosion. As one mole of produced hydrogen
gas corresponds to one mole of Mg2+ the corrosion rate can be easily calcu-
lated by determining the amount of produced H2.[78] Assuming an ideal gas
the volume of one mole of H2 is roughly 24 liters. As the molar weight of
magnesium is 24 g/mole, one ml of H2 roughly equals one mg of degraded
magnesium. Hydrogen evolution can be continuously monitored and thus
offers the possibility to measure changes in corrosion rate with immersion
time. It is however limited to magnesium based materials as the cathodic re-
action of zinc and iron is oxygen reduction rather than hydrogen production.
When designing a hydrogen evolution experiment careful attention should
be paid to the amount of buffer used as some of the produced hydrogen
dissolves in the buffer, and to the air pressure as this effects the measured
gas volume.[78]





Chapter 4

Basics of electrochemistry

4.1 The electrochemical interface

Ions move freely in a saline solution, and are evenly dispersed without any
buildup of charge. However, as soon as a foreign material such as an elec-
trode, is immersed in the solution, charge accumulates at the interface be-
tween the material and the solution creating a potential difference over the
interface. The potential drop between the electrode and the bulk solution
is usually less than one volt but due to the thin nature of the interface
the electrical fields may be quite large, 10 7 Vcm–1[84] The precise value of
the potential difference is dependent upon which metal is used, the surface
structure, and the electrolyte concentration.

The interface is usually modeled as an electrochemical double layer. Fig-
ure 4.1 is a schematic illustration of such an interface. The charge of the
metal will cause a preferential orientation of water molecule dipoles. To-
gether with dehydrated ions also adsorbed on the surface, orientated water
molecules makes up what is known as the inner Helmholtz layer. Outside
this inner layer is an outer Helmholtz layer with hydrated ions due to the
excess charge of the electrode.[84] The charge of the outer Helmholtz layer
is equal to, but of opposite sign to the excess charge of the metal. This
structure is often modeled as a capacitor with the metal as one plate and
the outer layer as the other plate.

The Helmholtz double layer model of rather immobilized chargers was
complemented by Stern with a diffusion model. This model includes the
thermal motions of ions in a diffuse layer extending further out from the
surface, where ions with opposite charge to the electrode are present at
higher concentration relative to the bulk electrolyte.[84]

27
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Figure 4.1: Schematic representation of the electrochemical double layer electro-
chemical interface

4.2 Electrode kinetics

The kinetics of the reactions occurring at an electrode surface describes the
mass flow in the system. Consider the simple redox reaction:

Re + e−
kOx
�
kRe

Ox (4.1)

The reaction rates of the oxidation and reduction reactions, i.e. the
anodic and cathodic reactions are then

vOx = kOxCOx (4.2)

and

vRe = kReCRe (4.3)
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Where vOx and vRe are the reactions rates, kOx and kRe are the rate
constants with unit s– 1 and COx and CRe are the molar concentrations of
the oxidized and reduced species respectively.[84]

The net reaction rate is thus

vnet = vOx − vRe = kOxCOx − kReCRe (4.4)

Since the redox reaction involves a transfer of charge the reaction rate can
be converted to a current (or flow of charge) by conversion with the Faraday
constant F (96485 Cmol– 1) which is the amount of charge contained in one
mole of electrons.

The net current is thus

inet = zFvnet (4.5)

where z is the amount of charge passed per mole of Ox.
The net current can be separated into the current from the oxidation

reaction, iOx and the current from the reduction reaction iRe.[84]

inet = iOx + iRe = zFvOx − zFvRe (4.6)

By convention iRe is assigned a positive value and iOx a negative value.
At steady state the net reaction rate (and net current) is zero, i.e. the

reaction rates of the oxidation and reduction reactions are equal.[84]

vOx = vRe (4.7)

The currents for the two reactions must therefore also be of equal mag-
nitude (but opposite sign) and can be designated by one term, the exchange
current, i0.

i0 = −iOx = iRe (4.8)

4.3 The Nernst equation

The electrode kinetics describe the mass flow of a system as it approaches
equilibrium. Thermodynamics, on the other hand, describes the equilibrium
state of the system. The change in Gibbs free energy ∆G of the system is
defined as

∆G = ∆G0 +RT lnQ (4.9)
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Where G0 is the standard free energy and Q is the chemical (reaction)
quotient of the system.

Q = aRe
aOx

(4.10)

Where aRe and aOx are the chemical activities of Re and Ox, respectively.
For most practical applications aRe and aOx can be approximated by the
respective concentrations CRe and COx

The chemical energy of an electrochemical system can be converted to
electrical energy by

∆G = −zFE (4.11)

It then follows that

∆G0 = −zFE0 (4.12)

The potential of an electrochemical system at steady state can thus be
described as

E = E0 − RT

nF
ln aRe

aOx
(4.13)

Where E0 is the standard potential. This relationship between the con-
centration of the species in an electrochemical reaction and the potential
in known as the Nernst equation is one of the fundamental principles in
electrochemistry.[84]

4.4 Polarization

An electrode is said to be polarized when the potential of the electrode is
disturbed to deviate from the steady state potential, Eeq,(as defined by the
Nernst equation) to a different potential E. The size of the deviation from
Eeq, measured in volts, is called the overpotential, η and is defined as

η = E − Eeq (4.14)

The polarization can be both positive or negative relative to Eeq and is
then said to be anodic (positive) or cathodic (negative).[84]
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4.4.1 The Butler-Volmer equation

When the potential of an electrode is shifted the redox reaction will no
longer be in steady state and the current, i, is thus also shifted from the
exchange current. Assuming the system is under thermodynamic control
the obtained current for an applied overpotential is given by the Butler-
Volmer equation.[84]

i = i0

[
exp

(
αOxFη

RT

)
− exp

(
αReFη

RT

)]
(4.15)

where i0 is the exchange current, η is the over potential, F is the Faraday
constant, R is the universal gas constant and T is the temperature on the
Kelvin scale.

At very high overpotentials the current is limited by the diffusion of reac-
tants and products to and from the surface. At this point, further increase
in overpotential does not result in a corresponding increase in current and
the Butler-Volmer equation is no longer valid.[84]

For very small overpotentials (typically less than 10 mV) the approxima-
tions that

exp(x) = 1 + x (4.16)

and

αOx ≈ αRe ≈ 0.5 (4.17)

can be made. The Butler-Volmer equation can be approximated to

i ≈ i0
F

RT
η (4.18)

This linear relationship can be rewritten as

i = Rctη (4.19)

Rct is the charge transfer resistance and can be described as the resistance
to the transfer of charge through the electrochemical reaction.[84]

4.4.2 The Tafel region

As the overpotential is increased above the linear region, either in the an-
odic or cathodic direction, one of the exponential terms in the Butler-Volmer
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equation will increase and the other one will decrease until until it becomes
negligible.[84] At sufficiently large anodic polarizations the following approx-
imation can then be made.

i = i0 exp
(
αOxFη

RT

)
(4.20)

and at large cathodic overpotentials

i = −i0 exp
(
αReFη

RT

)
(4.21)

The current-potential relationship can now be written as

η = a+ b log(i) (4.22)

where

a = 2.3RT
αF

log(i0) (4.23)

and

b = −2.3RT
αF

(4.24)

4.4.3 Mass transport

As the overpotential is further increased above the Tafel region (in either the
anodic or cathodic direction) all available reactants at the electrode surface
are consumed. The rate limiting factor is thus no longer the thermodynamic
properties of the system but the rate of diffusion of reactants from the bulk
solution to the surface. The system is said to be under diffusion or mass
transport control and the current no longer depends on the overpotential.

The diffusion of species to the electrode surface can be described by Fick’s
laws as a function of the concentration. Fick’s first law states that the flux,
J, of a species is proportional to the concentration gradient.[85]

J(x, t) = −DOx
∂COx
∂x

(4.25)

where x is the distance from the electrode surface, t is time, and DOx is
the diffusion constant for Ox.

Fick’s second law describes the change in concentration with time.
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∂COx
∂t

= DOx

(
∂2COx(x, t)

∂x2

)
(4.26)





Chapter 5

Experimental techniques

5.1 The electrochemical cell

The electrochemical measurements in this thesis were performed using a
three electrode electrochemical set up, Figure 5.1 In a three electrode cell
the current (I) flows between the working electrode (the sample), WE, and
the counter electrode, CE, which should be of an inert, conducting material,
typically platinum or carbon, and have a significantly greater surface area
relative to the WE.[85] This is to avoid any influence on the measured current
from the CE. The counter electrode used for this thesis was a large surface
area Pt mesh.

The reference electrode, RE, is used to measure the potential difference
between the WE and the electrolyte. The reference electrode provides a
stable electrochemical interface and thus a stable and known potential.[85]
The basis for all potential measurements is the standard hydrogen electrode,
SHE which is based on the reduction of hydrogen ions to hydrogen gas on a
Pt surface.

H+ + e− 
 H2 (5.1)

The standard potential (the potential when the chemical activity of both
the reduced and oxidized state are unity), of the SHE is set to zero.[85] This
provides a reference point from which to measure the potential of other
electrodes. For the work in this thesis an Ag/AgCl saturated KCl reference
electrode was used. The reaction of this RE is between Ag and the salt
AgCl.

AgCl(s) + e− 
 Ag(s) + Cl− (5.2)

35
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Figure 5.1: Schematic illustration of a three electrode cell. WE, working electrode,
CE, counter electrode, RE, reference electrode

The potential of an Ag/AgCl sat. KCl RE vs the SHE is +0.197 V.[85]
A point should be made of the importance of always clearly specifying the
reference to a given potential. In this thesis all potentials are given vs an
Ag/AgCl sat. KCl reference electrode. That is the potential of Ag/AgCl
sat KCl is set to zero and the given potentials are 0.197 V more positive
than they would be if given vs SHE.

Two electrochemical cells were used in this work. The classic flat cell was
used for experiments with static conditions, Figure 5.2a. A three electrode
cell was also designed to do electrochemical experiments during which strain
is applied to the sample, Figure 5.2b. The sample in this cell is attached to
a universal testing machine.

5.1.1 Electrolytes

A number of solutions (electrolytes) were used for this thesis to simulate
the electrochemical environment in the body. Their ionic composition, and
the composition of blood plasma, is presented in Table 5.1. Dulbercos phos-
phate buffered saline, PBS, was obtained from Sigma Aldrich, Ringer’s solu-
tion was prepared from Ringer’s tablets from Merck, and modified simulated
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Figure 5.2: The electrochemical cells used for this thesis. a) Flat cell b) SSR cell.
WE, working electrode, CE, counter electrode, RE, reference electrode

body fluid, m-SBF, was prepared according to the method of Oyane et al.
[86]. Human whole blood and plasma were also used as more biologically
relevant electrolytes. The donated biological fluids were obtained from the
Karolinska University hospital. To preserve the fluids and prevent coagu-
lation sodium citrate is added to the blood and plasma in blood banks to
complex Ca2+. By complexing the Ca2+ in the biological fluid with citrate
the coagulation cascade is effectively hindered and no coagulation can occur.

Table 5.1: Ionic composition of the electrolytes used for this thesis

[mmol l−1] plasma [86] PBS Ringer’s m-SBF [86]
Na+ 142 144 156 142
K+ 5 4 5.6 5
Ca2+ 2.5 0.9 2.1 2.5
Mg2+ 1.5 0.4 - 1.5
HCO–

3 27 - 2.3 10
Cl– 103 142 161 103
PO2–

4 1.0 9.5 - 1.0
SO2–

4 0.5 - - 0.5
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5.1.2 Open circuit potential (OCP)

The OCP, also called rest potential, or corrosion potential is the potential
difference between a sample and the electrolyte without any applied pertur-
bation (potential).[85] This potential cannot be directly measured as any
measuring device have to be simultaneously in contact with both phases.
Any contact with a measuring probe and the electrolyte creates a second in-
terface with a second potential difference. A reference electrode is therefore
used to provide a known and reproducible interface and potential.[85]

Changes in the electrochemical interface can be detected by monitor-
ing the OCP during immersion. OCP shifts to increasing anodic potentials
suggest decreasing surface reactivity due to buildup of protective corrosion
products. Cathodic shifts indicate increasing surface reactivity. Immedi-
ately after immersion the OCP of an electrode may shift rapidly before the
interface stabilizes and a steady-state is reached. Prior to any other electro-
chemical measurements performed for this thesis the OCP of the samples
was monitored for 30 min to 1 h to ensure a stable and reproducible surface.

5.2 Potentiodynamic polarization (PDP)

During PDP the current is measured during a linear scan over a wide range
of potentials, Figure 5.3. Basic information of the electrochemical system
under investigation can be obtained from a PDP scan.[85] The potential is
usually scanned from cathodic potentials to anodic. This is because the an-
odic polarization induces the anodic dissolution of the electrode and causes
irreversible changes to the surface. The scan rate should be sufficiently low
to allow the system to reach a steady state at every measured point.

At cathodic overpotentials the net current is dominated by the cathodic
current and the reduction reaction occurs at the sample surface.[85] At very
high overpotentials (the bottom of Figure 5.3) the current depends on the
mass transport and is independent of the overpotential. As the overpotential
is shifted in the anodic direction the current comes under thermodynamic
control in the Tafel region. With decreasing overpotential the cathodic cur-
rent decreases and the anodic increases. As the overpotential approaches
zero, that is at E0, the anodic and cathodic currents are equal but opposite
and the measured current, inet is reduced towards zero.[85]

As the overpotential is increased in the anodic direction the anodic cur-
rent increases and the cathodic decreases until the anodic Tafel region is
reached and the cathodic current is negligible. As the anodic overpotential
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Figure 5.3: Example of a potentiodynamic polarization (PDP) scan. The blue lines
illustrates the Tafel fit method

is further increased the current may once again come under diffusion control
and become independent of increasing overpotential.[85]

In some cases, e.g. steel, the anodic reaction induced by the anodic
polarization causes the formation of a passivating layer. This layer can
be thicker and more stable than the native layer formed without applied
potentials. In a PDP scan passivation can be observed as a decrease in
current with increasing anodic polarization as the layer builds up. The
current will stabilize at a low value when a steady state is reached. At
sufficiently high potentials the passivating layer breaks down and a drastic
increase in current can be observed.

The measured current during polarization depends on the surface area
of the working electrode. For this reason in practical applications of elec-
trochemistry the current is often replaced by the current density, j.
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j = i

A
(5.3)

Where A is the surface area in m2.

5.3 Corrosion rate calculation

It is possible to determine the corrosion rate of a metal by PDP scans. In
the field of corrosion the exchange current density is known as the corrosion
current, jcorr and the steady state potential is known as the corrosion po-
tential, Ecorr, Figure 5.3. Corroding systems are not in equilibrium at Ecorr
but rather in a steady state as the anodic dissolution continuously oxidizes
metal atoms into cations. The anodic reaction is balanced by the cathodic
reaction also occurring on the sample surface as described in Section 3.1.
The corrosion current flows between the cathodic and anodic areas and the
net current over the entire surface is zero. By determining the corrosion
current density jcorr the corrosion rate, CR, can be determined as

CR = EW

F
jcorr (5.4)

Where EW is the equivalent weight of the electrode material, i.e. the
weight, in grams of the material oxidized by the passage of one mole of
charge. For a pure metal the EW is defined as

EW = W

z
(5.5)

Where W is the atomic weight and z is the valence of the metal. The
equivalent weight of an alloy can be calculated as

1
EW

=
m∑
n=1

zfn
Wn

(5.6)

Where fn is the mass fraction of the nth element in the alloy.
The units for CR are in ms– 1. A more practical and commonly used

corrosion rate unit is mm yr– 1 and is obtained by multiplication with a
conversion factor of 3.15 ∗ 1010.

As mentioned previously the corrosion current density can not be mea-
sured directly as the net current at Ecorr is zero. Instead techniques de-
scribed in the following sections can be used to approximate jcorr. PDP
scans are a fast way of determining the corrosion rate as one measurement
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may take only 30 min, to compare with the days and weeks for weight
loss techniques. The scans further provides insight into the thermodynamic
properties of the electrochemical reactions. The determined corrosion rate
is however the corrosion rate at the time of measurement, no information of
the corrosion rate prior to or after the measurement can be obtained from
the scan. Further, it is a destructive technique due to the anodic dissolution
and irreversible change to the sample surafce.

5.3.1 The Tafel fit method

As described in Section 4.4.2 the current in the Tafel region can be approx-
imated to a linear relationship between the overpotential and log(i).

η = a+ b log(i) (5.7)
Jcorr can be obtained by performing linear fits of the overpotential vs

log(i) in the anodic and cathodic Tafel regions, and extrapolating the two
lines to their intersection, as illustrated in Figure 5.3.

The Tafel fit method is arguably the most widely used electrochemical
method for corrosion rate determination. For metals with a relatively high
corrosion rate the Tafel region may be small and not obvious to locate in
the PDP plot. Therefore other techniques for approximation of jcorr may be
useful.

5.3.2 The Stern-Geary method

The Stern-Geary relationship describes the correlation between the corrosion
current and the charge transfer resistance Rct from equation 4.19.

jcorr = B

Rct
(5.8)

B is known as the Stern-Geary coefficient and has units of volts. It can
be calculated as

B = babc
2.303(ba + bc)

(5.9)

Where ba and bc are the slopes of the anodic and cathodic Tafel fits
respectively in units of volts per decade.

As Rct is obtained from the current at very small overpotentials this
approach may be a better option compared to Tafel fit for fast corroding
materials. However ba and bc must still be obtained at higher overpotentials.
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Figure 5.4: Illustration of the Mansfeld method

5.3.3 The Mansfeld method

This technique is described by Oldham and Mansfeld in reference [87].
Briefly the technique is based on a value ∆ which is an arbitrary small
overpotential, Figure 5.4. Two points on the PDP curve, one anodic and
one cathodic are found for ∆. From these points tangents are drawn to the
intersections with the i = 0 line. A constant is determined by

∆
∆a

+ ∆
∆c

(5.10)

There is a table in the paper by Oldham and Mansfeld [87] where the
constant can be converted to a factor which should be multiplied by

√
ia ∗ ic

to obtain icorr. This method has the advantage of using only data obtained
at small over potentials. It is however rarely used.

5.4 Electrochemical impedance spectroscopy (EIS)

If PDP is based on the current response of direct polarization of the sample
EIS is based on the current response to an applied alternating potential as
illustrated in Figure 5.5.[85, 88]
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Figure 5.5: Principle of impedance spectroscopy (EIS)

5.4.1 Theoretical background

According to Ohms law the direct current response is related to the applied
potential divided by the resistance.

E = RI (5.11)

In the case of alternating current the same relationship is defined by the
impedance as

E(t) = Z(t)I(t) (5.12)

Where Z(t) is the impedance of the system. [85, 88] The alternating
potential E(t) can be described as a sinusoidal perturbation

E(t) = E0 sin(ωt) (5.13)

Where E0 is the amplitude of the perturbation, ω is the radial frequency
(ω = 2πf , f is the frequency in Hz) and t is the time.[85, 88]

The linear current response can also be described as a sine wave but with
a different amplitude I0 and a phaseshift φ.[85, 88]
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I(t) = I0 sin(ωt+ φ) (5.14)

The impedance Z(t) is hence defined as

Z(t) = Z0
sin(ωt)

sin(ωt+ φ) (5.15)

Thus the amplitude, Z0 and the phase shift φ can be used to describe
the impedance of a system.

Another common way to write the impedance is as a complex number

Z = Zre + jZim (5.16)

Where Zre and Zim are the real and imaginary parts of the complex
number. Note that j in this case is the

√
−1.[85, 88] Zre and Zim are related

to Z0 and φ as

Z0 =
√

(Z2
re + Z2

im) (5.17)

and
tan(φ) = Zim

Zre
(5.18)

5.4.2 Practical applications of EIS

During an EIS scan the impedance is measured over a range of frequencies,
ω. This provides an image of the electrochemical processes that occurs at the
electrode-electrolyte interface. As different processes, such as charge transfer
and diffusion, occur on different timescales, the response in impedance will
occur at different frequencies and can be separated in the spectrum. EIS is a
powerful technique which provides in situ characterization of the interface.
As only a very low perturbation (typically 10 mV) is applied no irreversible
changes are induced. EIS is thus a non-destructive technique. Because of
its non-destructive nature it is possible to do repeat measurements on the
same sample for a time resolved study of the surface degradation.

In order to obtain sound data from an EIS measurement three require-
ments must be met, linearity, stability and causality.[88] Linearity signifies
that the applied perturbation must be small enough so that the current
response falls within the linear range as described by equation 4.18. The
demand for stability is met if the interface is stable during the measurement,
i.e. no irreversible changes occur due to the applied perturbation. Causality
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applies to the signal timing, i.e. the response cannot occur before the per-
turbation. The current response must be caused by the perturbation and
not by other factors. The fulfillment of these demands can be evaluated by
the Kramers-Kroning relationships.[88] These are a set of integral equations
which constrains the real and complex number. Thus it is possible to trans-
form Zre to Zim and vice versa. If the transformed numbers agrees with the
obtained data the system is likely to be stable, linear and causal.

The appropriate interval of frequencies depends on the system under in-
vestigation. In this thesis the interval 106 − 10−1 Hz was typically used.
At higher frequencies stray capacitance from the electrode connections and
wires were observed. At lower frequencies the time required for one measure-
ment increased. Long measurement times may interfere with the stability
of the system as even small perturbations may induce irreversible changes
if applied for extended periods of time. Particularly for the relatively fast
degrading materials studied here.

A commonly used perturbation is 10 mV. However, 10 mV was evaluated
and found to induce irreversible changes to the interface. Instead 1-2 mV
were found to be suitable amplitudes for the materials evaluated in this
thesis.

5.4.3 Representation of EIS data

There are two common ways to display EIS data, the Bode plot and the
Nyquist plot, illustrated in Figure 5.6.[85, 88] In the Bode plot 5.6a the
absolute impedance, Z0 (left y-axis, black curve) and phase angle, φ, (right
y-axis, red curve) are plotted against the frequency on a logarithmic scale.
In the Nyquist plot 5.6b Zim is plotted against Zre. The plots in Figure 5.6
represents a simple double layer interface where one charge transfer reaction
occurs. At high frequencies the interface does not have time to respond to
the perturbation. The response is thus a direct current and the measured
resistance is the resistance of the solution. As the frequency is decreased the
double layer will start to charge and discharge according to the perturbation.
This capacitive behavior is observed as an increase in phase angle and Rim.
As the frequency is further decreased the double layer has sufficient time to
relax according to the applied perturbation. The phase angle decreases and
Z0 stabilizes. At low frequencies the current is transferred via the charge
transfer reaction. The measured resistance is thus Rs +Rct.
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Figure 5.6: Example of a a) Bode plot and b) Nyquist plot

Figure 5.7: Example of equivalent circuits modeling a a) homogeneous interface,
Randles circuit b) porous interface

5.4.4 Equivalent circuits

For the simple case illustrated in Figure 5.6 information and values for
the electrochemical processes can be obtained directly from the Bode and
Nyquist plots. However for more complex systems more complex data anal-
ysis is necessary. A common method to analyze EIS is to fit the data to
electrical circuits which serve to model the interface. Some examples of
equivalent circuits, EC, used for this thesis are illustrated in Figure 5.7.

The circuits are composed of electrical elements. In the case of resistors
and capacitors the electrical elements correspond to their physical analogs.
For other elements such as inductors the physical analog is less well under-
stood.

The resistance is defined by Ohms law.
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R = E

I
(5.19)

The impedance of a resistor is thus simply

ZR = R (5.20)

The capacitance, C, is defined as

C = ε0ε
A

d
(5.21)

and the impedance of a capacitor depends on the frequency as

ZC = 1
jωC

(5.22)

Where ε0 is the permittivity of vacuum, ε is the dielectric constant of
the medium, A is the surface area of the electrode and d is the distance
between the charge plates. In the case of the double layer capacitance ε is
the dielectric constant of water and d the thickness of the double layer.

In some cases negative impedance is observed, i.e. negative phase an-
gles and Zim. There is less consensus regarding the interpretation of this
data.[88] A common physical interpretation is the adsorption of intermedi-
ate species in the charge transfer reaction on the electrode surface. In an
EC negative impedance is modeled by a coil or inductor, I.

ZL = jωC (5.23)

The most basic EC describes the simple interface described previously
with the solution resistance Rs in series with the double layer capacitance
CDL and the charge transfer resistance Rct, Figure 5.7a. This EC is com-
monly referred to as a Randles circuit.[85, 88] For more complex interfaces
with two or more time constants additional elements are added to the EC.
The EC in Figure 5.7b describes a porous electrode with the addition of a
pore capacitance and resistance.[88]

When modeling an interface as a capacitor the interface is assumed to
be uniform over the entire surface area. In reality this is rarely the case.
Variations along the electrode surface such as grain boundaries causes time
constant (frequency) dispersion. A common practice in EIS data fitting is
to replace the capacitors with constant phase elements, CPE, to compensate
for time constant dispersion.[88]
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CPE = 1
Q(jω)α (5.24)

Where j is the imaginary unit, ω is the frequency and α is a number
between 0.5 and 1. If α is 1 the CPE is an ideal capacitor and if α is 0.5 the
CPE is analogous to a Warburg element. The Warburg element describes
the impedance of an diffusion controlled process.[88] For any other α the
physical analog of a CPE is less clear.

The selection of an appropriate EC is not trivial. Several different ECs
may provide equally good fits. The addition of more elements will always
improve the fit even if there is no physical analog on the interface. For this
reason data from other techniques such as scanning electron microscopy,
SEM, should be used to validate the interpretation of the EIS results.

5.5 Slow strain rate test (SSR)

Slow strain rate tests are used to characterize the sensitivity of a material to
stress corrosion cracking, SCC. The electrochemical cell in Figure 5.2b was
designed to combine impedance spectroscopy and tensile test. The ASTM
standard for SSR tests, ASTM G129, describes the principle and appropriate
test parameters.[89] Briefly, samples are strained with constant strain rate in
both a corrosive and inert environment until failure occurs. The difference in
ultimate tensile strength, UTS, and elongation (or time to failure) between
the corrosive and the inert environment is a measure of the sensitivity of the
material to SCC.

The SSR test is an accelerated test for the general sensitivity of a material
to SCC in a specific corrosive environment. More applied tests such as
constant load can provide more specific information regarding the material
performance for specific applications.

5.6 Ex situ techniques

5.6.1 Fourier transform infrared spectroscopy (FTIR)

FTIR is used to characterize the chemical composition of samples. The sam-
ple is exposed to a broadband of infrared, IR, radiation, typically 600-4000
cm–1. Specific wavenumbers, (frequencies) will correspond to the vibra-
tional energies of the molecular chemical bonds of the sample.[90] Radiation
with these wavenumbers will cause the molecular bonds to vibrate (stretch-
ing, bending) or rotate, thus absorbing the radiation.[90] The spectrum of a
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Figure 5.8: Example of a FTIR spectrum

sample will show absorption (or transmission) peaks specific for the vibra-
tional and rotational modes of the chemical bonds present. It is so to say a
fingerprint of the chemical composition. By comparing the spectrum with
spectra of known compositions the functional groups of an unknown sample
may be identified.

The spectrum in Figure 5.8 is a zinc phosphate (hydrozincite) which
contains high amounts of absorbed water. The absorption peaks relating
to OH-stretching (3350 cm– 1) and H2O-bending are easily identified. The
band at 1000 cm–1 corresponds to the stretching vibrations of the PO3–

4
functional group.

5.6.2 Scanning electron microscopy (SEM)

SEM is a surface imaging technique which uses focused accelerated electrons
rather than focused light as in optical microscopy. The resolution of optical
microscopy is limited by the wavelength of visible light. The electrons in
SEM can however by accelerated to much higher energies and resolution
down to the nm range is possible. A beam of accelerated electrons is scanned
across the surface to create an image.[91]
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Figure 5.9: Interactions of accelerated electrons with sample surafce in SEM

When the high energy electrons (10-30 keV) interact with the sample
surface they will scatter randomly as they collide with the sample atoms.
Some of them will scatter back to the vacuum above the sample surface.
These are known as backscattered (BS) electrons.[91] The electron atom
collision may be elastic, i.e. the momentum (and energy) of the electron
is preserved and only the direction of the electron is altered. However, the
collision can also be inelastic in which case some of the energy of the free
electron will be transferred to the atomic electrons. An atomic electron
may then be excited above the ionization level and become a free electron.
These are called secondary electrons and have less energy compared to the
BS electrons.[91]

The accelerated electrons, if not back scattered, will continue to penetrate
into the sample, collide with atoms, scatter and lose energy, until all of their
momentum is lost. A pear shaped volume of the sample penetrating some
microns into the surface will be affected by the electron beam, the green
area in Figure 5.9. The precise depth will vary depending on the sample
material and the electron energy.[91] The mean free path is the average
distance a particle will travel before being scattered. In a solid material the
mean free path of electrons are at a minimum at 50-100 eV (5-10 Å) and
then increases with increasing energies. Due to their low energy only the
secondary electrons created on the very surface will have a chance to escape
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to the vacuum, red line in Figure 5.9.[91] Secondary electrons created deeper
in the sample are attenuated by collisions will atoms. High resolution images
of the sample topography are therefore obtained by detection of emitted
secondary electrons.

The BS electrons have higher energies than the secondary electrons and
the emitted BS electrons will therefor originate from a deeper, larger volume
compared to the secondary electrons. This is indicated by the blue line in
Figure 5.9. Thus, images produced from BS electrons do not accurately
describe the sample topography. Instead a contrast will be detected between
areas of different elemental composition as heavier elements scatter more
electrons.[91]

As a secondary electron is created, an electron hole is created in one
of the inner electron shells of the atom. The electron hole will recombine
with a higher shell electron. The energy difference may then be released by
emission of a photon (X-rays). The emitted X-rays are attenuated to a lower
extent than the electrons and thus originate from the entire green volume
in Figure 5.9. The energies of the emitted X-rays correspond to the electron
energy levels of the elements present in the sample. Analyzing the energies
of X-rays will provide elemental identification and their relative intensities
can provide quantitative data. This technique is called energy dispersive
spectrometry or EDS.





Chapter 6

Summary of results

6.1 Zinc corrosion in saline solutions and biological fluids,
Paper I

In a first study the corrosion rate and mechanism of pure zinc were evaluated
in PBS, Ringer’s solution, human plasma and whole blood. The evolving
structure of the corroding interfaces was studied for 72 hours with EIS, Fig-
ure 6.1a. In Ringer’s solution the results suggested two time constants where
the high frequency time constant is related to the charge transfer resistance
and the low frequency time constant to a mass transport dependent pro-
cess. A gel like hydroscopic corrosion was observed on the samples when
they were removed from the solution after 72 hours. In the SEM images the
dried remnants of the layer were observed as white round precipitates, Fig-
ure 6.2a. The corrosion was relatively homogeneous over the sample surface.
Shallow pits were observed resembling grains, indicative of selective anodic
dissolution at the grain boundaries. The mass transport process detected
by EIS likely describes the diffusion of ions through the corrosion layer.

The impedance results of zinc in PBS demonstrated a high absolute
impedance, Z0, indicative of increased corrosion rate, Figure 6.1b. Fitting of
the impedance data with EC suggested a porous structure at the interface.
Corrosion in PBS was found to be highly localized, Figure 6.2b. Corroded
areas were covered with a thick layer of corrosion product. The majority of
the surface, however, appeared passivized and unaffected by corrosion. This
agrees with the detected low corrosion rate.

The impedance in whole blood and plasma suggested a time dependent
dynamic interface with formation and detachment of a corrosion layer, Fig-
ure 6.1 c and d. The EC used to fit the data altered between a Randles
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Figure 6.1: EIS time series of zinc in a) Ringer’s solution, b) PBS c) plasma,
and d) whole blood. Arrows indicate the change with time.Reprinted from Törne
K, Larsson M, Norlin A, Weissenrieder J. Degradation of zinc in saline solutions,
plasma, and whole blood. J Biomed Mater Res Part B 2016;104(5):1141-51 DOI:
10.1002/jbm.b.33458, with permission from John Wiley and Sons

circuit and a bi-layer model where the interface consisted of two layers, one
inner barrier layer and one outer diffusion layer. The SEM images showed
very homogeneous corrosion in both plasma and whole blood, Figure 6.2. A
corrosion layer was observed which EDS analysis indicated was composed
of both organic and inorganic material. In conclusion, whole blood and
plasma presents viable options for in vitro evaluation. These biological so-
lutions can be considered more clinically relevant as they contain organic
materials such as, proteins, lipids and, in case of whole blood, cells. Bi-
ological solutions degrade with time and are as such less suitable for long
term evaluations. Ringer’s solution is then the more attractive option with
a corrosion mechanism more similar to plasma and whole blood than PBS.
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Figure 6.2: SEM images of zinc surface after 72 h immersion in a) Ringer’s solution,
b) PBS c) plasma, and d) whole blood. Reprinted from Törne K, Larsson M, Norlin
A, Weissenrieder J. Degradation of zinc in saline solutions, plasma, and whole blood.
J Biomed Mater Res Part B 2016;104(5):1141-51 DOI: 10.1002/jbm.b.33458, with
permission from John Wiley and Sons

6.2 Influence of buffer system on Mg corrosion, Paper II

The addition of buffer agents such as HEPES have been shown to increase
the corrosion rate of magnesium compared to systems buffered with CO2/CO

2–
3

see Section 3.5.2. The mechanism behind this increase is however not fully
understood. The impedance of pure Mg was studied during 30 days im-
mersion in m-SBF buffered with HEPES or via a flow of CO2 through the
solution. Ringer’s solution, plasma and whole blood were also evaluated as
in vitro corrosion environments for magnesium as they were determined to
be suitable for zinc evaluation in paper I. The impedance results suggested
that the interface in both m-SBF(HEPES) and m-SBF(CO2) is character-
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ized by an inner barrier layer partly covered by an outer layer, Figure 6.3a
and b. The EC illustrated in Figure 6.3 f was used to analyze the data.

Figure 6.3: Impedance results of magnesium in a)m-SBF(CO2) b)m-SBF(HEPES)
c)Ringer’s solution d)plasma e)whole blood f) Equivalent circuit used to fit the EIS
data for the m-SBF solutions. Reprinted from J. Biomed. Mater. Res. B, 105,
Törne K. Örnberg A Weissenrieder J., The influence of buffer system and biological
fluids on the degradation of magnesium, 1490–1502, 2017, with permission from
John Wiley and Sons
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The two layer structure was confirmed by SEM of cross sections of sam-
ples mounted in epoxy resin, Figure 6.4. EDS results characterized the inner
layer as MgO/OH and the outer layer as a calcium phosphate. The outer
layer formed in m-SBF(CO2) appeared denser and more compact. The layer
formed in m-SBF(HEPES) was less dense with cracks penetrating all the way
down to the metal. From the impedance and SEM results it was concluded
that the addition of HEPES caused the formation of a more porous outer
layer which allowed aggressive ions such as Cl– to diffuse into the inner layer
and destabilize it, thus increasing the corrosion rate.

Figure 6.4: SEM images of cross sections of magnesium after 30 days immersion in
a)m-SBF(CO2) b)m-SBF(HEPES) Reprinted from J. Biomed. Mater. Res. B, 105,
Törne K. Örnberg A Weissenrieder J., The influence of buffer system and biological
fluids on the degradation of magnesium, 1490–1502, 2017, with permission from
John Wiley and Sons

Mg was highly reactive in Ringer’s solution. Large amounts of hydrogen
gas were released indicative of a high corrosion rate. The impedance result
showed a very low Z0 and phase angle in agreement with rapid corrosion on
an unprotected surface. The impedance in whole blood and plasma showed a
bi-layer structure similar to the bi-layer structure observed on zinc in plasma
and whole blood. However after 24 hours both the plasma and whole blood
coagulated. It was therefore concluded that Ringer’s solution, plasma and
whole blood are unsuitable for evaluation of Mg corrosion.
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6.3 Corrosion of Zn and MgAl alloy under strain, Paper III

The impedance of Zn and AZ61 samples was measured during slow strain
tests to characterize the influence of strain on surface corrosion properties.

The results of the SSR test suggested increased sensitivity to stress cor-
rosion of AZ61. Samples strained in m-SBF failed at lower stress levels and
at earlier points in time than samples strained in air, Figure 6.5a.

Impedance and OCP were monitored during the straining to characterize
the surface evolution. Further, the impedance was measured on samples
without strain for the same amount of time to be used as reference.

Figure 6.5: a) Results of SSR test of AZ61 b) OCP of strained and unstraiend
samples, c) EIS results of strained samples and d) EIS results of unstrained sam-
ples. Reprinted from Acta Biomaterialia, 48, Törne K. Örnberg A Weissenrieder J.,
Influence of strain on the corrosion of magnesium alloys and zinc in physiological
environments, 541-550, 2017, with permission from Elsevier

The OCP of strained samples were shifted cathodically compared to un-
strained samples, in agreement with a more reactive surface due to the
straining Figure 6.5b. Shortly before failure there was a further cathodic
shift indicating severe cracking, indicated by the arrow in Figure 6.5b. At
early time points the EIS spectra of both strained and unstained samples
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showed two time constants, Figure 6.5c and d. The high frequency time
constant related to the charge transfer process and the low frequency time
constant related to mass transport through a corrosion layer. Around 24 h
the low frequency time constant disappeared from the spectra of unstrained
samples indicating the breakdown of the corrosion layer. However for the
strained samples the low frequency time constant remained during the en-
tire immersion. At long times, > 24 h, the time constant was determined to
originate from mass transport through cracks filled with corrosion product.
Further, after 24 hours the peak phase angle shifted to higher frequencies
and decreased. This shift was not observed in unstrained samples and was
concluded to indicate the onset of cracking well before any loss of mechani-
cal properties. The shift in phase angle and in OCP could be used to detect
SCC in more applied situations.

SSR tests were also performed on Zn in m-SBF and whole blood. In
m-SBF there was a statistically significant decrease in time to failure but
not in UTS. In whole blood there was no decrease in the time to failure or
UTS. Figure 6.6a. The electrochemical measurements confirmed the influ-
ence of strain on the corrosion in m-SBF. The OCP shifted cathodically at
the onset of ductile straining, as indicated by the arrow in Figure 6.6b. At
the same time two additional time constants appeared in the EIS spectra
of the strained samples, Figure 6.6c, which did not appear in the EIS spec-
tra of unstrained samples Figure 6.6d. The additional time constants are
concluded to originate from micro cracks due to damages in the corrosion
layer.

Straining in whole blood did not appear to have the same effect on cor-
rosion as straining in m-SBF. No differences were detected in the OCP nor
the EIS spectra of strained and unstrained samples. This is explained by
a rapid formation of an organic/inorganic corrosion layer. As new metal is
exposed during the ductile straining the layer forms quickly and protects
the metal from increased corrosion. The organic/inorganic layer seems to
play a crucial role in the biological degradation of zinc, and the influence of
biological species should be taken into account when evaluating this type of
degradable metals.

6.4 Protective layer formation on zinc in whole blood,
Paper IV

During anodic polarization a protective layer was observed to form on zinc
in whole blood which did not form in m-SBF, Figure 6.7. Important insights
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Figure 6.6: a) Results of SSR test of Zn in m-SBF and whole blood b) OCP of
strained and unstrained samples, c) EIS results of strained samples in m-SBF and
d) EIS results of unstrained samples in m-SBF, e) EIS results of strained samples
in whole blood and f) EIS results of unstrained samples in whole blood. Reprinted
from Acta Biomaterialia, 48, Törne K. Örnberg A Weissenrieder J., Influence of
strain on the corrosion of magnesium alloys and zinc in physiological environments,
541-550, 2017, with permission from Elsevier
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Figure 6.7: PDP scan of zinc in whole blood after 30 min immersion. Arrows indi-
cate potentials at which presented impedance spectra in Figure 6.8 were collected.
1 OCP, 2 +90 mV(active dissolution), 3 +130 mV(protective layer formation), 4
+180 mV (continued protective layer formation), 5 + 210 mV (breakdown of pro-
tective layer), 6 + 240 mV (second protective layer). Insert shows PDP scan in
whole blood (black, line) and m-SBF (red, dashed line).

into the influence of organic components on zinc corrosion can be gained by
investigating the mechanism of the protective layer formation.

Impedance spectra obtained during anodic polarization are presented in
Figure 6.8. As predicted by the Butler-Volmer equation a general decrease
in impedance was observed as the potential was increased from OCP (point
1) to point 2 in the Tafel region. The EIS spectra at point 2 exhibited an
inductive loop at low frequencies which is interpreted as originating from
adsorbed intermediates.

As the potential was further increased the current decreased by the for-
mation of a protective layer, point 3 and 4. The layer was characterized
by SEM and FTIR as a zinc phosphate precipitated from the reaction of
Zn ions and PO3–

4 When the potential was increased from OCP the surface
coverage of Zn ions increased as a result of the increasing current. When
a critical surface coverage was reached zinc phosphate precipitated and the
current decreased, between point 2 and 3. Further increasing the potential
induced breakdown of the layer and subsequent current increase, point 5 in
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Figure 6.8: Nyquist plots of impedance spectra obtained during anodic polarization
of zinc in whole blood. The applied potentials are indicated by arrows in Figure
6.7 The scatter indicates data points and the line fitted data.

Figure 6.7.
The PDP scan in m-SBF suggested a passivated surface which suppresses

the current compared to whole blood up until the breakdown potential at
around +130 mV vs OCP, insert in Figure 6.7. The decrease in current would
mean that the critical surface coverage for zinc phosphate precipitation was
never reached.

It is concluded that the quick adsorption of organic species on zinc in
whole blood prevents the passivization at OCP observed in m-SBF. The
lack of passivation in whole blood increases the initial surface coverage of
Zn ions, which induces the precipitation of a protective corrosion layer at
anodic overpotentials.

6.5 Corrosion of Zn-Mg and Zn-Ag alloys, Paper V

The corrosion of three zinc alloys was studied with EIS during 30 days
immersion in Ringer’s solution. The alloys were two Zn-Mg alloys with 0.5
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and 3 weight% Mg and one Zn-Ag alloy with 4 weight% Ag. Cast zinc
samples were used as references.

Figure 6.9: Bode plots of Zn alloys during 30 days immersion in Ringer’s solution.
a)cast zinc, b)Zn 4 wt% Ag, c)Zn 0.5 wt% Mg, d)Zn 3 wt% Mg.

The impedance spectra of both cast zinc and all the alloys were defined
by two time constants, Figure 6.9. One high frequency time constant related
to the charge transfer resistance and one low frequency time constant related
to mass transport through a layer of corrosion product. The low frequency
time constant disappeared between 12 and 30 days. This is interpreted as a
breakdown of the corrosion product layer.

Already after one hour of immersion the time constants of the alloys were
shifted to lower frequencies compared to the cast zinc samples. This shift
corresponds to an increase in capacitance due to defects or micropores in
the corrosion product layer causing an increased surface area.

The SEM images confirmed the difference in surface structure. On cast
zinc the corrosion products formed a homogeneous layer, Figure 6.10a. On
Zn 4 wt% Ag the corrosion product precipitated locally, insert in Figure 6.10
b. Selective anodic dissolution of the Zn phase (black areas) surrounding
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Figure 6.10: SEM images of Zn alloys after 30 days immersion in Ringer’s solu-
tion. a) homogeneous corrosion product on cast zinc, b) Selective dissolution of Zn
4 wt% Ag. The dashed lines indicates the AgZn3 phase. Insert is a lower mag-
nification of the surface partly covered by thick globular corrosion product, c)Zn
0.5 wt% Mg with nanoporous corrosion product (insert is a magnification of the
porous structure) with inclusions of denser corrosion product, d)Zn 3 wt% Mg with
agglomerated corrosion product

the AgZn3 particles (indicated by the dashed line) was also observed on the
Zn 4 wt% Ag samples, Figure 6.10b.

On Zn 0.5 wt% Mg the corrosion product precipitated in a nanoporous
structure, insert in Figure 6.10c. Inclusions of denser corrosion product
was observed suggesting local variations in the rate of precipitation on the
microscopic scale. This local nature of the corrosion product formation is
likely linked to selective dissolution of the anodic Mg2Zn11 phase, resulting
in increased precipitation on the cathodic Zn phase. The microstructure of
the Zn 3 wt% Mg was more refined than the 0.5 wt% Mg alloy. The smaller
areas of localized precipitation results in the structure of ridges and pores
observed in Figure 6.10d.

It is concluded that the introduction of binary phase microstructures in
Zn based alloys induces microgalvanic corrosion. The selective dissolution
causes increased surface inhomogeneity compared to cast zinc. The selec-
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tive dissolution of Zn during the degradation of Zn 4 wt% Ag causes an
enrichment of AgZn3 on the surface. This may influence the cytotoxicity of
an implant in a negative way as Ag is a cytotoxic material. Further stud-
ies on the biocompatibility of Zn-Ag alloys including pure AgZn3 would be
interesting.

As discussed in paper III the selective dissolution of Mg alloys is linked
to stress corrosion. Evaluation of the sensitivity to SCC of Zn binary phase
alloys is therefore also recommended.

6.6 Contributions of the candidate

Paper I
Experiment design, electrochemical measurements, corrosion rate calcula-
tions, fitting of impedance data with equivalent circuits, and analysis of the
results relating to relevant research. SEM and FTIR surface characteriza-
tion. Compiled a first version of the papers/manuscripts.

Paper II
Experiment design, electrochemical measurements, corrosion rate calcula-
tions, fitting of impedance data with equivalent circuits, and analysis of the
results relating to relevant research. SEM and FTIR surface characteriza-
tion. Compiled a first version of the paper.

Paper III
Experiment design and assisting with the design of the SSR electrochemical
test cell. SRR measurements. Electrochemical measurements, fitting of
impedance data with equivalent circuits, and analysis of the results relating
to relevant research. SEM and FTIR surface characterization. Compiled a
first version of the paper.

Paper IV
Experiment design, electrochemical measurements, fitting of impedance data
with equivalent circuits, and analysis of the results relating to relevant re-
search. SEM and FTIR surface characterization. Compiled a first version
of the manuscript.
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Paper V
Experiment design, electrochemical measurements, corrosion rate calcula-
tions, fitting of impedance data with equivalent circuits, and analysis of the
results relating to relevant research. SEM and FTIR surface characteriza-
tion. Compiled a first version of the manuscript.



Chapter 7

Conclusions and future outlook

The work in this thesis focuses on in vitro testing of biodegradable metals,
evaluating and designing new test methodologies. One important conclusion
is the importance of selecting an appropriate solution to mimic the clinical
environment. As observed in paper I and II these may vary for different
metals. Ringer’s solution is concluded to be suitable in vitro test environ-
ment for zinc but is highly unsuitable as a test environment for magnesium.
On the contrary m-SBF with CO2 buffering is recommended for magnesium
evaluation but PO3–

4 containing solution such as m-SBF and PBS have been
shown to passivate the zinc surface causing localized corrosion which does
not correlate with in vivo results.

This thesis further investigates citrated human whole blood and plasma
as potential test environments for zinc based materials. Whole blood and
plasma presents more clinically relevant options for short term evaluations.
The interaction of organic species with the corroding zinc surface has been
shown to cause the formation of a protective layer. Similar corrosion layers
have been observed in in vivo experiments and appears to be of great impor-
tance for the advantageous homogeneous corrosion mechanism and corrosion
rate of zinc. Paper III highlights this importance where the protective layer
is concluded to prevent the formation of micro cracks. Paper IV demon-
strates the influence of organic components during the anodic polarization
and protective layer formation on zinc. The organic species are concluded
to prevent the PO3–

4 passivation observed in m-SBF and thus increases the
availability of Zn ions which in turn causes the precipitation of the protec-
tive layer. Future work on this topic should include adding specific organic
components, such as albumin, to m-SBF to study the specific influence of
that component and compare to the results in whole blood.

67
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In paper III EIS was used to study the influence of strain on the corrosion
of AZ61 and zinc. My co-authors and I were able to detect stress corrosion
cracking in AZ61 long before any loss of mechanical properties. For future
studies this technique can be used to study SCC in more applied situations
such as constant load or fatigue experiments.

The knowledge obtained in the first papers was then employed to char-
acterize the corrosion of Zn-Mg and Zn-Ag alloys. Both types of alloys were
found to corrode by selective dissolution due to potential differences between
the micro structured phases. Selective dissolution was found to increase the
surface roughness and the corrosion rate relative to pure zinc. The selective
dissolution of Zn-Mg alloys caused a depletion of Mg on the sample surface.
The localized nature of the corrosion resulted in a more porous, less pro-
tective corrosion layer. The selective dissolution of the Zn-Ag alloy caused
an enrichment of the Ag rich phase (AgZn3) on the sample surface. For
this reason future cytotoxicity studies not only on Zn-Ag alloys but on pure
AgZn3 would be interesting. The selective dissolution of both Zn-Ag and
Zn-Mg alloy may cause SCC and future studies on the influence of strain
on degradation are recommended. Finally future studies on the influence of
organic species on the selective dissolution of zinc alloys may further help
predict the degradation in a clinical situation.
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