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Abstract 

The preferable mechanical properties of Mg alloys along with excellent compatibility with human bone have established their applicability 
as implant biomaterials. However, a higher corrosion/degradation rate of Mg alloys in body fluids limits its biomedical applications. In this 
direction, surface modification and coating are explored as appropriate strategies to mode the degradation rate of Mg alloys. The constituents 
of bioactive glass (BG) provide strength, bio-inertness and bone bonding capability. Hence, researchers have explored the coating of BG on 
Mg alloys and investigated chemical, mechanical and biological properties of the coated alloys. In this review, we have made an attempt to 
compile the literature works done on the coating of BG on Mg alloys and its features. Underlying interfacial aspects of the coated substrates 
towards the degradation behavior are highlighted. The way forward to further improve the coating characteristics of BG coated Mg alloys 
are remarked. 
© 2020 Published by Elsevier B.V. on behalf of Chongqing University. 
This is an open access article under the CC BY-NC-ND license. ( http://creativecommons.org/licenses/by-nc-nd/4.0/ ) 
Peer review under responsibility of Chongqing University 
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. Introduction 

The use of metallic implants can be traced early back in
8th centuries when it was used for injured defense person-
ls in war by English speaking nations. But to the mid of the
ineties, it got an end to this use. However, the industrial rev-
lution back in the nineties increased technological advances
nd reinstated its need for various orthopaedic applications.
rimarily it was used for bone repair and fracture fixation of
hort and long bones. Though, little attempt was made for
he complete replacement through implant surgeries and sup-
orting implants. Towards this, bone pins and spinal wires of
ron, silver and gold had been first successfully used in the
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860s [1] . Afterwards, applications of metallic implants for
rthopaedic surgery have expanded in the medical industry.
arious researches for the improved applications of metallic
iomaterials started from the 20th century for the modern re-
onstruction surgery of hard tissues and organs. For example,
itanium used in surgical implants as hip ball, bone and dental

mplant [2–5] , Stainless steel for surgical tools and implants,
one replacements and reinforcements [6] , Nickel-Titanium
7] alloys as vascular stents [8 , 9] , and magnesium Mg based
lloys for bone regeneration and tissue engineering [10–12] . 

Even the large numbers of alloys available by manufactur-
rs, only a few of them are found to be biocompatible, which
s a desired feature for an implant material in the orthopaedic
ractices. These materials are broadly classified in the four
lasses based on their major alloying elements as shown in
ig. 1 . Stainless steel, cobalt and titanium based alloys are
eing routinely applied as implants [13] ; while miscellaneous
. This is an open access article under the CC BY-NC-ND license. 
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Fig. 1. Different classes of metallic biomaterials. 
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e.g. NiTi, Mg and Tantalum alloys are approved by the
Food and Drugs Administration and are under clinical trials
[14] . Recently, alloys of the last two categories, Ti and Mg,
have proven there applicability in orthopedic surgeries along
with biocompatibility. However, medical implants made by
these alloys are yet to be routinely applied and continuous
researches are going on in this direction. For example, Mg
based alloys were recently tested in-vivo as biliary stents in
rabbits [15 , 16] . 

The preferable mechanical properties and excellent com-
patibility of Mg alloys with human bone have proven their
suitability as implant biomaterials [17] . Mg alloys have a
moderate elastic modulus of 45 GPa close to the human bone
(16–22 GPa) as compared to stainless steel (50 GPa) and Ti
alloy (52 GPa) [7] . Further, the risk of osteoporosis is effec-
tively decreased using Mg alloys because of the comparable
density of 1.74 g cm 

−3 (similar to bones 1.7–2.1 g cm 

−3 ) and
stress-shielding effect to natural bone [18 , 19] . In addition,
Mg is generally present in the human body (25 g in an adult)
in the bones and soft tissues [20] . It also has no noxious-
ness effect and any excess quantity is easily excreted by the
body [21] . Furthermore, it participates in bone metabolism
and found to stimulate the formation of new bone tissue [22] .

During the degradation process, Mg alloys are found to
offer a better reconstruction and repair of bone along with
the minimum inflammatory responses [23 , 24] . However, as a
resorbable biodegradable implant material, it is requisite that
Mg alloys should persist inside the body and sustain their
mechanical integrity over a period of 12–18 weeks similar to
the healing of bone tissues. In other words, the degradation
rate of the material should match with the bone healing rate
 T  
nd eventually the material is completely swapped by natu-
al tissue [25] . However, a higher corrosion/degradation rate
f Mg alloys in blood plasma and human body fluid compro-
ises its mechanical integrity, which in turn limits biomedical

pplications [16] . Therefore surface modification with appro-
riate coating on Mg alloys is considered as an effective tech-
ique to moderate the degradation rate [26] . Many researchers
ave tried to control the corrosion of magnesium alloys by
ioactive glass coatings which have a similar composition to
he bone and demonstrated superior bioactivities [27] . In this
eview, the coating of bioactive glass (BG) based bioceram-
cs over Mg alloys and its effect on degradation behavior is

ainly focused. The effect of various interfacial factors such
s coating thickness surface wettability and surface pretreat-
ent, towards adhesion strength and degradation potential/rate

re discussed. Additionally, various coating techniques being
sed for this purpose are briefly summarized. 

. Bioactive glasses (BG): properties and coating 

For a biomaterial, interfaces between biomaterial and host
nvironment are an important area of interest, which majorly
egulate the biocompatibility. These interactions decide the
ate of a biomaterial to perform its intended function. In this
egard, BG material had gained attention as a biomaterial in
one-regeneration applications. It has been successfully ap-
lied over a wide range of implant materials such as titanium
28] , stainless steel [29] and magnesium alloys [30 , 31] for dif-
erent orthopedic applications. These coating resulted in im-
roved corrosion resistance, adhesion strength and bioactivity.
he bone-bonding capability of BG is considered to be the
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Fig. 2. In-vitro mechanism of action of BG coated substrates in SBF. 
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Fig. 3. The comparative trend between porosity and Compressive strength of 
different method produce bioactive glass (Data were taken from Table 1 ). 
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ost significant properties for its material biocompatibility.
t mainly contains silicon dioxide ( ≤52 wt%) as binding sub-
tance, sodium dioxide ( ≤ 32 wt%) as strength provider, cal-
ium oxide ( ≤16 wt%) and phosphorus pentoxide ( ≤ 6 wt%)
s bio-inerts for bone formation. Due to the presence of these
omponents, BG is reported not only to bond with the bones,
ut also with soft tissue [23] . It offers a rapid rate of the
urface activity causing uninterrupted and speedy attachment
o aligning tissue through chemical bonding [32] . Mechanism
f action of BG coated substrates in SBF is illustrated in
ig. 2 . BG coated substrate releases alkaline or alkali ele-
ents replacing cations with H 3 O 

+ and H 

+ from SBF. After
hich, dissolution of Si(OH) 4 through the action of hydroxyl

ons takes place. Migration of calcium and phosphate ions
nd reaction with CO 3 

2 − ions present in SBF forms Calcium
hosphate layer. In fact, bone bonding capability of bioglass
s linked with its property to form a carbonated apatite layer
23] . 

The understandings of cell response to bioglass coated Mg
lloys and other implant materials have driven researchers to
urther advance the properties of BG by creating its compos-
te with polymers. In this regard, various advancements to
ioactive glass have been discussed. Table 1 represents var-
ous methods to produce BG along with their compressive
trength (C s ), tensile strength, porosity and pore size at dif-
erent sintering temperatures for various intended biomedical
pplications. These methods includes chemical methods such
s sol-gel, three stage preparation process (mixing, compres-
ion and calcination), gel casting method and other processes
ike polymeric sponge, foam replica, powder-metallurgy, rob-
ast and lithography. Though physical processes have advan-
ages of high compressive strength but the chemical process
s quick, low cost and easily controlled. Physical properties
f the coating are expected to affect the mechanical prop-
rties. We plotted porosity vs compressive strength C s data
rom the literature ( Table 1 ). C s of the coating was found to
e inversely proportional to porosity ( Fig. 3 ). In fact, sintering
emperature (T s ) is reported to inversely affect C s i.e. C s = 

1 
T s 

33] . To achieve a specific enhancement in the property, dop-
ng of metals is done as listed in Table 1 . Doping of zinc
elped in improving the toughness and hardness because of
heir tetrapod shaped structure [34 , 35] , Copper, as an essen-
ial body substance is significant in angiogenesis and blood
essel maturation [36 , 37] . Whereas silver helped in imparting
ntibacterial property to the material [38] . Titanium reduced
iological corrosion with good biocompatibility and improved
ardness [39 , 40] . Further advancement in nanotechnology has
emonstrated the effect on composition on its bulk proper-
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Table 1 
Various properties of BG, metal doped BG and their polymer composites for different biomedical applications. 

Materials Intended applications Process Compressive 
strength (C s ) 
/Tensile 
strength (MPa) 

Porosity (%) Sintering 
temperature °C 

Other reported properties Ref. 

45S5 Bone tissue engineering application Sol-gel 0.34 - 2.26 88–82 600–1000 Pore Size = 98 μm [33] 
45S5 foam Bone tissue engineering Polymer-sponge 0.27–0.42 91 1000 Pore Size = 510–720 μm [45] 
45S5 In clinical prosthesis Produced by foam replication 1.2 ±0.2 89 700 Weibull modulus of 6 [46 , 47] 
45S5 foam Middle ear prosthesis Powder metallurgy-foam 

technology 
1.7 – 5.5 64 – 79 900 Pore Size = 335 - 530 μm [48] 

45S5 Tissue engineering application Three stage preparation 
mixing(in aqueous solution), 
compression, and calcination 

5.4 – 7.2 45.9–47.2 1050 Pore size = 420 μm in length 
100 μm in breadth Apparent 
density- 1.5 ±0.3 

[49] 

45S5 Bone tissue engineering Robcasting 6.1 ±2.6 49.1 ±5.5 600 Weibull modulus of 3, Fracture 
Energy- 93 kJ/m 

3 
[50] 

45S5 Orthopedic application Stereo lithographic 3.5 - 6.7 ∼ 60 950 Pore size = 400- 700 μm [51] 
β-TCP–45S5 Bioglass Dental and orthopedics applications Gel casting method 0.9 ±0.3 81.6 ±0.6 1200 Pore size = 200–500 μm [52] 
Metal doped BG 

Cu-45S5 Bone tissue engineering application Foam replica technique 0.2–0.3 90 1050 Pore size in the range of 
200–300 μm, Improved 
angiog-enesis function 

[53] 

Zn-45S5 Composite scaffolds in bone repair. Sol-gel method 3.69 ±0.30 87.0 ±3.3 650 Pore size in the range of 
100–800 μm, Weibull modulus 
of 3, Improved hardness and 
showed good biocompatibility 

[54] 

Ti-45S5 Dental implant application Mechanical alloying and powder 
metallurgy process 

1.5 70 1300 Pore size = 150- 500 μm [55] 

Ag-4545 Tissue engineering application Sol-gel method 2.5 81 600 Pore size = 70- 120 μm, 
Enhanced anti-bacterial 
property. 

[38] 

BG-polymer composites 
Chitosan −45S5 BG For Guided tissue regeneration solution casting method T s = 38 ±2 NA NA Young’s modulus = 0.72 ±0.07 

GPa 
[56] 

Chitosan-45S5 BG 

Microsphere 
For Guided tissue and bone regeneration Solution casting method T s = 25 ±2 NA NA Young’s modulus = 0.51 ±0.07 

GPa 
[56] 

Poly(L-lactic 
acid) −45S5 

Orthopedic applications Sol-gel and co-precipitation 
method 

0.35 88.4 700 Pore Size = 10- 150 μm [57] 

Mesoporous BG 

doped-poly 
(3-hydroxybutyrate-co- 
3-hydroxyhexanoate) 

For bone regeneration application Solvent casting method 14.53- 15.32 60 −65 NA Pore Size = 414- 432 μm [58 , 59] 

Macroporous 45S5- 
polyethylene glycol 
particles 

Tissue Engineering Sol-gel and pore forming 
technology 

C s = 34.4 ±5.7 44.0% 700 Pore size = 50- 200 μm [60] 

45S5 NPs - 
polycaprolactone 

Maxillofacial, craniofacial and periodontal 
applications 

Coagulation, compression 
moulding and salt leaching 
technique 

C s = 36.4 ±1.4 80.7 ±2.3% NA Young’s modulus = 36.4 ±1.4 
MPa 

[61] 
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Fig. 4. Step by Step process of thin film deposition. 
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ies [41–43] . Polymer with BG advanced both biological and
echanical features as listed in Table 1 . BG and polycapro-

actone composite resulted in improved hardness for tissue
ngineering application along with good osteoconductive fac-
or [44] . 

. Various surface coating techniques for an implant 

For long term in-vivo application of implant, surface-bone
nteractions and osseointegration play an important role. It
s evidently proven that the enhanced osseointegration is di-
ectly correlated with the longevity and biocompatibility of
 biomaterial [62] , which can be tuned by varying surface
roperties. Therefore, surface modification or coating of an
mplant biomaterial is required. Surface modification is found
o tune surface chemistry, wettability, charge and roughness,
hich in turn regulate interfacial and cell-surface interactions

4 , 63–65] . There are several techniques available for the coat-
ng of an implant, which are broadly classified into two cat-
gories; physical and chemical [66] . For a particular appli-
ation, there have been sound arguments in choosing in be-
ween these methods. One of the important physical features
n both physical and chemical processes is the uniform film
hickness, which typically depends on the coating mechanism
pted. Coating thickness less than 0.1 μm is referred as thin
lm coating, whereas thickness more than 10 μm is referred
s thick film [67 , 68] . During the formation of thin film layer
n the substrate, nucleation and growth process occur simul-
aneously. Detailed step by step formations of the thin film
as been explained below in the flow chart Fig. 4 . Further,
arious physical and chemical techniques are briefly outlined
n the next section. 

.1. Physical techniques 

Physical techniques of film deposition are widely used in
emiconductor, aerospace and biomedical industries, and are
n high demand mainly for visual/esthetic upgrading, tribolog-
cal behaviour improvement and optical enhancement. They
ave also been used with chemical techniques to improve
hermal properties, increase life span and decrease friction
roperties [69] . Different physical techniques like spraying,
puttering and laser desperation are discussed in the follow-
ng sections. 

.1.1. Plasma spraying (PS) 
Plasma spraying [70] is divided into two different pro-

esses based on the working environments. The first process
s conducted under atmospheric conditions and referred as
rc plasma spraying process (APS). Whereas low-pressure
acuum chamber (a protective environment) is also used for
S and referred as Vacuum Plasma Spraying (VPS) or Low-
ressure Plasma Spraying (LPPS) Fig. 5 . shows the illus-

rative representation of a plasma spraying process [71] . It
onsists of metallic anode and cathode at its gun. High volt-
ge discharge in the presence of non-reactive plasma gas (ni-
rogen, argon, helium, hydrogen) causes localized ionization
72] . Resistance heating causes the plasma to reach an ex-
reme temperature (10,000–20,000 °C). When the plasma is
repared for spray, the produced arc encompasses down to
ozzle and spreads all over the surface. Non-conductive cold
as around the nozzle is used to control the plasma arc veloc-
ty and surrounding temperature. The target material is fed to
xternal port near the anode nozzle, which gets rapidly heated
nd spewed at a distance of 25–150 mm. PS has advantages
o spray the high melting point materials i.e. titanium, stain-
ess steel, tungsten, zirconia and aluminium. This technique
enerally produces a clean, strong and denser coating, which
ustifies its use for a wide range of applications. The disad-
antages of this process are its high cost and complexity. 

.1.2. Sputtering deposition 

This process occurs in a low vacuum (0.07–16 Pa) in the
resence of inert gas (usually Ar) as shown in Fig. 6 . A high
oltage (1–5 KV) is applied between the target (made of the
puttered material) and the substrate to be coated. Due to the
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Fig. 5. Diagrammatic representation of the plasma spraying process. 

Fig. 6. A schematic representation of a sputtering depositions technique. 
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high voltage, the inert gas atoms ionize and form a plasma
cloud near the surface of the sputtered material. The ions
accelerate in the electric field between the substrate and the
target material [73] . Sputtered material is bombarded by ac-
celerated inert gas ions from a plasma cloud, which is situated
close to the substrate. As a result, atoms and atomic layers
are extracted from the sputtered material and then directed to
the substrate. It has a number of advantages such as diffused
spreading, uniformly coating to a larger area and around cor-
ners, low temperature operation and coating of even organic
compounds [74] . 

Another sputtering technique uses magnetron plasma and
refereed as Magnetron sputtering (MS). MS is a thin-film
physical vapor deposition (PVD) technique and comparably
more favorable than various other sputtering techniques avail-
able. Its deposition rate is ten times faster than sputtering de-
position and causes a lower substrate heating. Both DC and
AC sources can be applied for MS and refereed as DC and
F MS, respectively. It also offers excellent adhesion on the
ubstrate and can simply coat on complex and difficult parts
75 , 76] . Generally, a high current low voltage strikes at the
arget made of the material of the future coating. Due to arc
triking, a highly energetic emitting zone called as cathode
pot appears on the target surface. The temperature inside
he cathode spot is around 15,000 °C, causing the evaporation
f the target material with the formation of a highly ionized
uasi-plasma cloud. The quasi-plasma cloud is directed to-
ards the substrate and deposited by forming a film. Here

his coating can be further modified by introducing another
eactive gas after the coating, so that gas molecules react with
he deposited film and get coated [77] . 

.1.3. High velocity oxygen fuel spraying (HVOF) 
In HVOF, oxygen and fuel are combined to generate heat

nd high-velocity particles. Compared to other spraying pro-
esses, HVOF has lower flame temperature in range 2500 to
000 °C causing better density and adhesion of the coating
62] . Uniform and high-density coating is achieved through
igh-velocity particles collision on the substrate surface, form-
ng a number of compressed plates. Moreover, this technique
s capable of producing a high bond strength in the range of
0 to 70 MPa [78] . However, sometimes increase in temper-
ture induced by the collisions causes the transformation of
he surface [79] . 

.1.4. Pulsed laser deposition (PLD) 
PLD using pulsed exciter laser source under vacuums at

 pressure of 10 

−4 Pa is used to dissipate energy by melt-
ng the target. In PLD, the pulse of laser energy removes
evaporates) the material from the target. This vaporized ma-
erial containing ion, electrons etc. known as plasma plume
xpands on the substrate surface. Film growth occurs on the
urface because of the re-condensation of plume material [76 ,
0] . The deposited film is then annealed to attain its crys-
allinity. The thickness of the coating obtained through this
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Fig. 7. Schematic of the electrophoretic deposition process. 
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rocess lies between 0.5 to 5 μm at room temperature. PLD
rocess works in a range of temperature from 400 to 800 °C.
t has several advantages like enhanced film quality, excel-
ent transfer of stoichiometry between the target and the film.
owever, the splash effects, which involve the production of
icro-particles, result in a poor film quality [81] . 

.2. Chemical techniques 

Chemical techniques involve transport of precursors to
apors phase in the chamber to be condensed on a sub-
trate. Various chemical disposition techniques such as sol-
el, biomimetic and electrophoretic deposition are discussed
n the following sections. 

.2.1. Sol-Gel deposition 

The Sol-Gel deposition is a widely used chemical method
or the coating comprising hydrolysis, condensation and
rying processes. Hydrolysis is a rapid process that pro-
uces metal hydroxides, which condense to form a three-
imensional gel. This gel is dried to achieve the final de-
osition. The liquid phase from the gel is removed by gas
r evaporation and the resulting gel is refereed as Aerogel or
erogel, respectively [82–84] . Further, this method is classi-
ed into Aqueous Sol-Gel (Asg) and Non-aqueous Sol-Gel
NAsg) methods. In Asg, oxygen provided by the solvent
85] is required to form a layer of metal oxide. Whereas in
he case of NAsg, oxygen for the formation of metal oxide
s provided from the non-aqueous solvents (ketones, alcohols,
ldehydes). These organic solvents apart from providing oxy-
en also play an essential role in affecting key surface com-
onents like morphology, composition of oxide materials, and
article size [86] . Though sol-gel method have a number of
dvantages such as coating of intricate shapes, low process-
ng temperature and less impurity [87] . But the poor interface,
oating defects and a longer period of processing are also de-
ived in this technique. 

.2.2. Biomimetic deposition 

The biomimetic deposition is a synthetic deposition in
hich similar environments of human body condition are cre-

ted to perform a biochemical reaction. In general simulated
ody fluid (SBF) at body temperature 37 °C is used to cre-
te the environment [88] . Importantly various other coatings,
or example, PS, sputtering deposition, PLD and HVOF are
erformed in the environment other than their applications,
hich results in poor stability or rapid release of coating to

he environment. After eliminating this drawback, biomimetic
eposition is also found to enhance the metal biocompatibil-
ty and bioactivity. This method involves instant nucleation
nd growth for the formation of the coating. Its application
nvolves increasing the biomimetic levels from chemical com-
osition, structural organization, morphology, nanostructure, 
nd mechanical behavior. This process continues until the
hemical and physical properties of a surface become bioac-
ive and stimulates cellular materials. 
.2.3. Electrophoretic deposition 

Electrophoretic deposition (EPD) is a low cost electro-
hemical process in which particles suspended in a solution
et charged due to the applied electric field as shown in Fig.
 . These charged particles get collected on one of the elec-
rodes and form a coherent deposition of similar shape levied
y the electrode [89] . It is used for the deposition of a vari-
ty of materials, such as polymer, composites and biological
ntities [90 , 91] . EPD has a number of advantages than other
hemical processes like it allows various substrate shapes, has
imple apparatus and very short deposition time. It has lim-
tation to work only for conductive substrates and requires
eating after deposition to increase the coating density. 

Though a number of processes are available for coating of
he thin film field but physical processes like plasma spraying,
VOF and chemical processes such as biomimetic yet to be

xplored for deposition on magnesium alloys. It has been ob-
erved that in the case of magnesium alloys high temperature
eposition techniques have limitations. As working tempera-
ure for magnesium alloy is low ( ≤400 °C), which limits its
se for high temperature processes. These processes like sol-
el and electrophoretic have advantages over others. Also,
hysical methods like sputtering under vacuum on magne-
ium alloys need to be explored in this regard. Next section
overs the recent advances, in the BG deposition on magne-
ium alloys from available processes. Detailed comparisons
f technique available have been shown in Table 2 . 

. Coating of bioactive glass on magnesium alloys 

For enhancing the osseointegration of metallic implants,
owadays many researchers have tried to apply appropriate
urface reactive materials [4 , 101] . These reactive materi-
ls have been studied in the long run for enabling better
ioactivity and tissue response. Some of the frequently used
eactive materials for an implant are calcium phosphates
CaP), beta-tricalcium phosphate ( β-TCP), biphasic calcium
hosphate (BCaP) as hydroxyapatite (HAP), polyether ether
etone, nano-diamonds, and 45S5 bioactive glass-ceramics. 
hese reactive materials have helped in producing an implant
aterial with better cell response, strength and corrosion
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Table 2 
Comparison of different physical and chemical deposition on implant surfaces. 

Techniques Targets Maximum coating 
temperature 

Thickness range 
( μm) 

Rate of disposition Ref. 

Physical deposition technique 
Plasma Spraying Control wear behavior of Al alloy 

and Mild-steel 
20,000 100–300 Fast [92 , 93] 

Sputtering deposition Uniform, Non porous, hard durable 
coating 

400–600 0.2–25 Slow [94 , 95] 

HVOF Attain maximum hardness, 
minimum porosity and high 
temperature corrosion resistance 

2500–3000 300–350 Medium [96 , 97] 

PLD To attain high chemical resistant 
and mechanical stable coating 

650 0.2–0.5 Fast [98] 

Chemical deposition technique 
Sol-gel Deposition Biocompatible and less degradable 

coating for Biomedical devices 
and specimens 

25–65 0.6 - 2 Slow [22 , 84] 

Biomimetic 
deposition 

To have good hydrophobicity, high 
adhesion and thermal stabile 
deposition 

37 - 45 1–30 Medium [99 , 100] 

Electrophoretic 
deposition 

Cost effective bioceramic composite 
deposition 

25–50 1–500 Fast [89 , 90] 
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resistance. Doping of novel nanomaterials such as Ag, Zn, Cu,
Fe in these reactive materials to improve antibacterial, corro-
sion resistance, and degradability also have been studied by
researchers [102–105] . Various examples of comparative BG
coatings on magnesium alloys AZ31 is revisited and analyzed.

4.1. Mechanism of corrosion/degradation of AZ31 

Corrosion of AZ31 for implant applications is not a new
issue and many researchers are working to overcome this. It is
mainly due to exposer of AZ31 to salty water, acidic liquids
or moisture [106] . To control corrosive behavior pretreatment
or coatings of appropriate biomaterials have been looked as
a strategy. The corrosion behavior of AZ31 in the saline at-
mosphere is mainly due to the formation of Mg(OH) 2 from
precipitation of AZ31 corrosive products. Followings are the
step reactions when AZ31 immersed in neutral NaCl solution
[107–109] . 

O 2 + 2 H 2 O + 4 e − → 4O H 

− [108] 

2 H 2 O + 2 e − → 2O H 

− + H 2 [108] 

Mg → M g 

2+ + 2 e − [108] 

Overall: 

M g 

2+ + 2O H 

− → Mg ( OH ) 2 [108] 

If any modification through pretreatment or coating tech-
nique on AZ31 causes an increase in corrosion resistance.
It can be understood by a balance between dissolution and
formation of Mg(OH) 2 and bringing it to a constant thick-
ness value. In this direction, the coatings of BG have been
investigated by various groups. 
.2. Sol-gel coating of BG 

In a study, Ye et al. [110] coated 45S5 (BG) on AZ31 by a
ol-gel dip coating method. Crack free uniform coating thick-
ess of 0.1 μm was achieved to impair the corrosion property
f AZ31. Immersion test in SBF suggested that crack free
5S5 coating on AZ31 have protected the sample over a pe-
iod of 7 days. Potentiodynamic polarization test revealed an
ncrease in corrosion resistance by increase in corrosion po-
ential (E corr ) value from −1.60 V for uncoated to −1.40 V
or the coated substrate. Similarly, the same group Huang et
l. [111] prepared mesoporous bioactive glass (MBGC) and
oated on AZ31 by a sol-gel dip coating method. Pluronic
127 surfactant was used to perform a dual role (depicted in
ig. 8 ) as a dispersant to get attached on the surface during

he sol gel process and thereby agglomerating the particles
y reducing the surface tension. It also acted as a template to
enerate mesoporous structure during the heat treatment stage.
n fact, using F127 mesoporous phase on magnesium alloys
as achieved at early glass transition temperature of 450 °C

han 785 °C [112] . Potentiodynamic polarization test obtained
1.47 V value for MBGC coated AZ31, which was higher

han the uncoated surface of −1.61 V. Water contact angle of
oated MBGC was reported around 8 ° as compared to 70 °
or uncoated surface. This hydrophilic nature appeared be-
ause of the formation of a microtextured surface on MBGC-
Z31, which resulted in an increase in contact surface area.

n a similar approach to improve the corrosion resistance of
Z31, coating of bioactive mesoporous 58S bioactive glass

58S MBG) was done [84] . An impressive decrease in the wa-
er contact angle of 58S MBG coated to about 14 ° from 80 °
f AZ31 sample was reported. It resulted in high surface en-
rgy, which in turn enhanced surface adsorption and reaction
ith Ca 2 + , PO 4 

3 + and OH 

– from SBF [113] . Thereby large
mounts of calcium phosphates were formed on the MBG
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Fig. 8. Role of F127 pluronic surfactant in the preparation of 45S5 MBGC by sol-gel process Adapted with permission from Ref. [84] . 
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Fig. 9. Percentage mass loss of coated and uncoated AZ31 of varying coating 
thickness in modified-SBF. Adapted with permission from Ref. [22] . 
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urface. When tested in SBF for 14 days, MBG coated sam-
le weight loss was 10% of the original weight whereas the
ame for the uncoated was 57%. 

The effects of processing parameters (conditions) during
he coating of 45S5 on AZ31 through a sol-gel dip coat-
ng technique were investigated by Dou et al. [22] . These
ependent parameters included concentration, duration and 

ithdrawal speed (which predominantly affects density), cal-
ination temperature, layer thickness and porosity [22 , 114] .
rack free coating thickness of 0.48 to 1 μm of BG coat-

ng was achieved. In-vitro corrosion properties of this BG
oated AZ31 in modified-SBF for different periods were also
nvestigated. Mass loss (%) of different coated samples of
arying thickness namely A500 (0.48 μm), 2A500 (0.63 μm)
nd 3A500 (1 μm) is shown in Fig. 9 . Up to 3 days of im-
ersion, all the coated substrates were stable i.e. no signifi-

ant degradation was observed. However afterwards, a major
egradation was detected for the coated samples as well ex-
ect 3A500. Only ∼2% moss loss was reported for 3A500 in
omparison with bare AZ31 ( ∼78%). This indicated a coat-
ng thickness of 1 μm is desired to withstand the degradation
p to 7 days. In fact, the solution pH was found to be 9.67
nd 11.04 in case of 3A500 and other surfaces, respectively.
his agreed to the release of Mg(OH) 2 during the degradation
rocess and in turn increases in the solution pH [108] . 

The process of corrosion (degradation) of two different
oated surfaces with varying thickness is illustrated in Fig. 10 .
t can be seen that the crack propagation of A500 (thin coat-
ng) was quite easier comparing with 3A500 at 1 day of im-
ersion. Thus for A500, crack propagated through the coat-
ng within 3 days of immersion, whereas only fewer cracks
ere observed in case of the thick coating. In continuation,
edium permeated to the substrate surface and peeled off of

he thin layer coating at 5 days of immersion. This highlighted
hat coating thickness delayed the formation of cracks, which
ook a longer time for passing through the coating in case
f thick coating and in turn peeling off was evaded. Thereby,
he degradation of thick coatings was almost negligible up to
 days after immersion in SBF. 
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Fig. 10. Schematic illustration of the corrosion process of A500–0.48 μm thick coating and 3A500–1 μm thick coating. Adapted with permission from Ref. 
[22] . 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Fig. 11. Correlation between bond strength and heat treatment temperature. 
Adapted with permission from Ref. [119] . 
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In a work, Zhang et al. [30] studied the effect of different
load on MBGC coating on AZ31. Corrosive property obtained
from potentiodynamic test analysis, revealed the decrease in
the corrosion resistance to −1.76 V (E corr ) under load condi-
tion as compared to −1.53 V (E corr ) for MBGC coated AZ31.
Immersion test in SBF for 7 days resulted in the corrosion
rate with and without load to be 1.34 mm/y and 0.59 mm/y,
respectively. This study revealed that MBGC coating loses its
protecting nature completely at a load greater of 25 MPa i.e.
at this load the corrosion rate was the same as the uncoated
substrate (AZ31). 

It is also observed that weak adhesive strength between
coating and substrate has impeded the corrosion resistance.
The adhesion strength obtained from a sol-gel dip coating
on magnesium alloys has been reported to be ∼10 MPa,
which is considerably below the adhesion strength obtained
by conversion coatings on AZ31 as 20 MPa [115] . Also,
as per the standard (BS ISO 13,779–2) the minimum bond
strength of bioactive coating on metal substrate implant is re-
quired to be 15 MPa [116 , 117] . The heat treatment, phases of
coating materials, surface pretreatment and chemical (bond-
ing) interactions are found to influence the adhesion strength
[111 , 118 , 119] . Shen et al. demonstrated the effects of heat
treatment on the tensile bond test for BG sol-gel coated
AZ31 at different temperatures (350–500 °C) [119] as shown
in Fig. 11 . It was reported that at the initial heat treatment of
350 °C the BG remained in the amorphous phase with high
porosity and resulted in the poor cohesive strength. After a
further increase in the temperature towards glass transition
( ∼400 °C), BG continuously shrank and became less porous.
It enhanced the bond strength and the maximum strength
of 27.0 ±2.9 MPa was observed at 450 °C. Additional heat
treatment at a higher temperature increased the interfacial
residual stress and micro cracks were formed [28] . Conse-
quently, the adhesion strength decreased to 18.1 ±2.0 MPa
[119] . This highlighted that the increase in heat treatment
temperature shifted the cohesive bonding towards adhesive
bonding. 
B  
It was understood from the above study that the phases
f BG to be coated over the metallic surface affect the ad-
esion strength. In a separate study, coating of mesoporous
G resulted in the improved adhesion strength than non-
esoporous BG [111] . It is established that the formation

f Mg–O–Si bonds between the alkoxide hydroxyl groups
silanols Si–OH) and the metal hydroxyls (MeOH) through a
ondensation reaction occurs at the interface. The mesoporous
G provided more numbers of silanols than non-mesoporous
G and thus more bodings with the AZ31 contributed to the
nhanced adhesion strength [111] . In another study, hydro-
alcite particles were doped with the BG to improve adhe-
ion strength and in turn corrosion resistance. Hydrotalcite
ontains large numbers of interlayer hydroxyls, which con-
ributed to more bond formations with MeOH and enhanced
he adhesion strength [120] . 

Further, researchers have pretreated surfaces to improve
G-surface bonding and achieve better adhesive strength
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Fig. 12. (a) Uniaxial pressing and microwave hybrid heating chamber (b) Microwave heating ramp rate at uniaxial pressure. Adapted with permission from 

Ref. [123] . 
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118 , 121 , 122] . Pretreatments of alkali, acid and ionic liq-
ids are reported to improve the adhesive strength and in
urn decreased degradation rate of AZ31 [118 , 122] due to
hemical bond formation during the coating. Thus, the ex-
osed surface magnesium hydrates react with silicon hydrox-
ls of bio-ceramics to form Mg–O–Si bonds. The tensile ad-
esion strength of an AZ31 sample pretreated with alkali
15 g/l for 60 min) was enhanced to 23.7 ±2.1 MPa as com-
ared to the untreated one (11.8 ±1.2 MPa) [118] . The pre-
reated substrates were more hydrophilic than bare substrate
.e. surface wettability was improved. Further, heat treatment
as also found to minimize the surface cracks and further

nhanced adhesion strength. After, heat treatment at 500 °C,
he adhesion strength of the same sample was increased to
8.5 ±2.3 MPa. In fact, coating thickness was also increased
fter heat treatment from 0.90 μm to 1.30 μm [118] . In an-
ther approach to improve the bond strength and corrosion
esistance, Shen et al. [123] coated BG on AZ31 using a
nique fabrication method including uniaxial pressing and mi-
rowave hybrid heating Fig. 12 . Uniaxial pressures of 0, 2,
 and 6 MPa were applied for 30 min after initial heating up
o 400 °C (glass transition temperature). The bond strength
ncreased from 16.1 ±1.8 MPa at no load to a maximum of
5.8 ±2.6 MPa at 4 MPa, and further decreased at 6 MPa to
1.0 ±2.3 MPa. 

These behaviors were correlated with surface morpholo-
ies of coatings Fig. 13 . In the absence of uniaxial pressure,
any pores were present on the surface, which decreased

emarkably with an increase in loads and the densest coat-
ng was obtained at 4 MPa. Thus applied pressure also en-
anced the interfacial mechanical interlocking along with the
ormation of Mg–O–Si bonds and resulted in better adhesion
trength. However, at a higher load of 6 MPa, micro-cracks
ere formed on the surface presumably due to the differ-

nce in young modulus between BG ( ∼35 GPa) and AZ31
 ∼44 GPa), which caused the generation and accumulation of
ensile stress at coating interface. Hence, the bond strength
lso decreased at a higher load. In fact, corrosion resistance
lso followed a similar trend as adhesion strength. The cor-
osion current density (A cm 

−2 ), measured using potentio-
ynamic polarization test in SBF solution, decreased from
.01 ×10 

−5 for no load to the minimum value of 7.94 ×10 

−7 

or 4 MPa, and further increased to 2.0 ×10 

−6 for a higher
oad of 6 MPa. 

.3. Electrophoretic deposition (EPD) of BG 

Rojaee et al. [124] deposited 20 μm thick BG nano-powder
ver magnesium alloy through EPD methods using graphite
late as an anode. Two BG derivatives were obtained due
o the difference in thermal treatment at 520 °C (BG520)
nd 1000 °C (BG1000), respectively. BG520 was found to
morphous due to the higher crystallization temperature of
G (545 and 560 °C), BG1000 showed the presence of Wol-

astonite (CaSiO 3 ) and Cristobalite (SiO 2 ) crystalline phases
 Fig. 14 a). Prior to EPD, micro arc oxidation [125] pre-
reatment was performed in an aqueous saline solution using
Z91 as an anode and a stainless steel plate as a cathode.
olloidal stability analysis showed that isoelectric point
 Z = 0) for amorphous BG520 at pH 0.8, which was too low
or coating on magnesium alloys. Whereas isoelectric point
n the case of crystalline BG1000 was pH 4 as shown in
ig. 14 b. Similarly, the zeta potential of BG1000 was much
igher than BG 520. This indicated suitability of BG1000
oating on magnesium alloys. After deposition, the electro-
hemical analysis revealed an increase in corrosion potential
f BAG/MAO coated AZ91 ( −1.32 ±0.03 V) as compared
o pristine AZ91 ( −1.45 ±0.05 V). It was interesting to
stimate the degradation rate of BG/MAO coated AZ91 as
.1 ×10 

−4 mg cm 

−2 day 

−1 . It is expected that for an implant
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Fig. 13. Surface morphology of Microwave heated uniaxial loaded Bg at (a) 0 MPa pressure (b) 2 MPa pressure (c) 4 MPa pressure (d) 6 MPa pressure. Adapted 
with permission from Ref. [123] . 

Fig. 14. (a) Phase analysis of BG520 and BG1000 along with (B) Zeta potential and conductivity analysis. Adapted with permission from Ref. [124] . 
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of 10 cm 

2 size, daily release of Mg (1.9 ×10 

−3 mg), Al
(1.9 ×10 

−4 mg) and Zn (2.1 ×10 

−5 mg) would be under the
safe limits of human body daily requirement. 

4.4. Coating of BG-polymer composite 

Heise et al. [126] investigated the corrosion behavior of
chitosan-BG coated magnesium alloy, which was pretreated
in Dulbecco’s Modified Eagle Medium (DMEM). Stability
of a suspension of particles as shown in Fig. 15 were com-
pared between BG in deionized water (DI), BG in DI-ethanol
mixture and Chitosan-BG in DI-ethanol mixture. A positive
zeta potential ( + 42 mV) in a stable region was reported for
Chitosan-BG mixture. It suggested that magnesium alloy to be
coated at the cathodic electrode in EPD. The coating thick-
ness of ∼2 μm was achieved. The electrochemical analysis
revealed the enhanced impedance for pretreated and coated
to ∼2700 Ohm.cm 

2 as compared to double layer coated sam-
le on untreated magnesium alloys ( ∼480 Ohm.cm 

2 ). Surface
ettability of bare alloy was around 61 °, which decreased to
7 ° after the coating without pre-treatment. This indicated the
resence of relatively higher content of hydrophilic BG than
ydrophobic chitosan. While, the contact angle of the DMEM
retreated substrate was 32 °, which increased to 51 ° after the
oating presumably due to higher relative content of chitosan.
n fact, average roughness (Ra) of the bare alloy (0.30 μm)
as increased to 0.90 μm after the pre-treatment. Hence coat-

ng roughness, Ra of 1.3 and 2.2 μm were obtained in case
f bare and treated alloy. This suggested that pretreatment of
he substrate before disposition controls the degradation rate.

Höhlinger et al. [127] highlighted the protein influence
n the degradation of chitosan-BG coated magnesium alloys.
lectrophoretic coated magnesium alloy was immersing in the
resence and absence of fetal bovine serum (FBS) in DMEM.
n the presence of FBS in DMEM, magnesium alloy showed
o significant mass loos after 3 days and 7 days of immersion
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Fig. 15. Zeta potential analysis of BG and Chitosan/BG in different solutions. Adapted with permission from Ref. [126] . 

Fig. 16. Mass loss (mg/cm 

2 ) of uncoated, pretreated and coated magnesium 

alloy immersion in with and without FBS DMEM solution. Adapted with 
permission from Ref. [127] . 
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s  
s shown below in Fig. 16 . But drastic change was observed
n case of chitosan-BG coated sample for 7 days, which was
omparable to uncoated on 3rd day of immersion. DMEM
ithout serum showed a trend for 3 and 7 days in which

he highest mass loss was observed on pretreated (DMEM)
ollowed by chitosan-BG coated and uncoated magnesium al-
oy. These findings also highlighted the different degradation
ehaviors of coated AZ31 in SBF, DMEM and DMEM with
rotein. Hence, the degradation studies should be performed
n a suitable medium relevant to a particular application. 

In the work, a possible mechanism of degradation of pre-
reated and chitosan-BG coated sample in FBS-DMEM was
lso illustrated as shown in Fig. (9) . The surface of the pre-
reated sample results in less protein attachment and weak ad-
esion to phosphate layer on the surface causing no protective
ffect in 3 days of immersion. But after 7 days immersion,
n increase in protein adhesion hinders the aggressive ions
o corrode the surface. Whereas in the case of chitosan-BG
oated an opposite phenomenon was observed as shown in
ig. 17 . For 3 days of immersion, chitosan helps in improv-
ng the protein adhesion thereby protecting from degradation.

hereas in case of 7 days, left particles of bioactive glass
rom protein adhesion start getting to dissolve in the solution
ausing the degradation of the sample. 

. Interfacial aspects of BG coating on AZ31 

It had been understood through the literature that before
eposition of any film over any substrate for biomedical appli-
ation, it is significant to have an understanding of important
actors affecting the process or performance of bio-material.
he implication of various surface and interfacial factors to-
ards coating of BG on AZ31are summarized based on the

eported data. 

.1. Surface chemistry 

Bio-active glass is a ceramic, which consists of SiO 2 ( ∼
0%), Na 2 O ( ∼24%), CaO ( ∼27%), and P 2 O 5 ( ∼2.60%). Ap-
lication of BG to the surface of magnesium alloys is directly
ependent on the followings: 

.1.1. Composition of BG 

All the above mentioned constitutes help in providing
trength, bio-inertness and bone bonding capability to BG.
hange in the composition alters the properties of BG to a
reat extent. Adding/doping of metal like silver, copper, zinc
hough provides a new property for the applications ( Table 1 )
ut also alters the basic structure of BG. It is mainly done by
ompromising the Na 2 O and calcium concentrations [128] . 

.1.2. Pretreatment of BG 

Pretreatment with alkali, saline and DMEM improved the
urface chemistry to some extent. But an ideal treatment to
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Fig. 17. Illustration of degradation activity of pretreated and chitosan-BG coated for 3 and 7 days Adapted with permission from Ref. [127] . 

Fig. 18. Different surface functional groups on the BG coated Mg alloys to 
tune the surface wettability. 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Fig. 19. The relation between coating thickness and degradation of coated 
AZ31. 
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the surface can be achieved when the release of Mg 

2 + can
be utilized to from Mg-O-R, where R is a group of elements
that enhances its strength. This also provides the surface to
have more options to bond with other substances to improve
its properties. 

5.2. Contact angle of the coating (Wettability) 

Wettability also has an influential role in the interaction
between media and bioceramic. It had been noted that coated
AZ31 with hydrophilic nature (contact angle ≤ 15 °) resulted
in the reduced degradation rate in SBF [110] . Further, the
presence of protein in media also affected the degradation be-
havior due to different adsorption behavior of protein on the
surface [127] . In addition for In-vivo implant application, the
desired wettability is reported in between 50 and 80 ° [110] .
This indicates that the degradation of coated AZ31 can be
tuned by controlling the surface wettability for a particular
application. The presence of SiO 2 in BG, offers the scope
to tune the wettability after coating by functionalization of
different groups [4 , 63–65 , 129] . Hydrophilic, hydrophobic or
mixed functional groups can be attached to achieve the de-
sired wettability as shown in Fig. 18 . 

5.3. Young’s modulus 

Young’s modulus of BG is lesser (35 MPa) than AZ31
(44 MPa), which results in poor cohesion between them.
ence AZ31 should be coated with BG with improved mod-
lus. This can be achieved by doping mental ions or forming
omposites. The C s of BG-polymer composites is reported to
e enhanced by many folds as listed in Table 1 . 

.4. Adhesive strength 

A better adhesion between the BG and AZ31 is directly
orrelated with the good corrosion resistance and the bioactiv-
ty of the coated implants. The minimum adhesion required
etween the BG and AZ31 is 15 MPa [116] . The adhesion
trength is dependent on the heat treatment, phases of coating
aterials, surface pretreatment and chemical (bonding) inter-

ctions strength [111 , 118 , 119] . The increase in heat treatment
emperature regulates the phases of BG, which shifts the co-
esive bonding towards adhesive bonding [119] . Mg 

–O 

–Si
ond formation between BG and AZ31 controls the adhesion
trength [111] , which is improved by altering the composition
f BG, its phases and doping [120] . Similarly, the pretreat-
ent of AZ31 provides more number of surface hydroxyl

roups and enhances the bond formations [118 , 121 , 122] . 

.5. Coating thickness 

Optimization of thickness is seen to be an important fac-
or in controlling the degradation rate of AZ31. It had been
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Fig. 20. Schematic illustration of degradation steps of BG coated AZ31 substrate. 
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bserved that low thickness become stable for a shorter dura-
ion. Hence a thick coating is required, however, too much
hickness builds unnecessary weight. Therefore an optimal
hickness of BG should be coated. A typical profile of mass
oss vs. coating thickness is depicted in Fig. 19 . A thickness
f > 1 μm is reported to effectively minimize the degradation
ehavior of BG coated AZ31 [29] . 

.6. Finishing of coating 

A typical degradation process of coated magnesium surface
s illustrated in below schematic Fig. 20 . It is observed that
oated surface with some imperfection such as micro-cracks,
oles etc. accelerates the rate of corrosion. The main cause
or the degradation of the coated AZ31 is the formation of
racks. It begins with the dislocation of the coating particle
rom some crack region, where SBF solution impregnates into
he surface and develops localized corrosion, which ultimately
eels out the coating. Hence the finishing of coated AZ31
o eliminate the cracks or pores is essential. It is reported
hat some thermal or mechanical treatments resulted in the
mproved finishing of coated AZ31 [123] . Also, the thickness
f the coating is reported to regulate the penetration (step-2
f Fig. 19 ) of the coating. 

. Conclusions 

In this review, we have made compiled various litera-
ure works done on the coating of BG on Mg alloys to im-
rove its degradation behavior. The physical, chemical and
echanical properties of BG coated Mg alloys are discussed.
ynthesis methods, sintering temperature and porosity were
ound to regulate the properties of the prepared BG. Its com-
ressive strength is inversely related to porosity ad sinter-
ng temperature. Further doping of metals to BG and BG-
olymers composites also improved mechanical properties.
G is coated on Mg alloys using sol-gel and EPD meth-
ds. Underlying interfacial aspects of the coated substrates
owards the degradation behavior are highlighted. The degra-
ation rate was found to exponentially decrease with coating
hickness and a thickness of ≥1 μm was reported to be opti-

al. A hydrophilic coating was found to effective from apatite
ayer and thus retarded the degradation rate. Surface pretreat-

ent, thermal and mechanical treatments were also reported
o influence the adhesion strength and in turn the degradation
ate. The crack formation on the coated substrate is the first
tep of the degradation process followed by the penetration
nd peel-off of the coating. 

Recent advancements in physical coatings have developed 

acuum coatings like sputtering deposition, which can be ex-
lored for the coating of BG on Mg alloys. Further, it shall
e interesting to see the coating of metal doped BG and its
olymer composites towards the degradation behavior. In ad-
ition, as the substrate wettability regulates the degradation
ate and the presence of SiO 2 in BG allows for the surface
edication of coated substrates. Hence the functionalization

arious groups on the BG coated Mg alloys can be explored
o tune the degradation rate. 
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