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Abstract: Mini-tablets made into hard capsules or administered using special dosing units, as well
as pellets in hard capsules or compressed into tablets, offer the advantages of multiparticulate drug
delivery systems and are suitable for controlled drug release using polymer coatings. Four different
kinds of solid drug preparations were manufactured and investigated concerning drug release. Inert
pellets were coated with the model drug sodium benzoate and, in a second step, with the insoluble
polymer ethylcellulose. The coated pellets were compressed into mini-tablets and into normal tablets.
Another kind of mini-tablet was compressed from a sodium benzoate compression mixture and
finally coated with ethylcellulose. The coating of the tablets was performed using fluidized bed
technology. The sodium benzoate release plots of the coated pellets show a lag time and retarded
release according first-order kinetics. The mini-tablets and normal tablets compressed from pellets
release sodium benzoate according to first-order kinetics as well, but without the lag time due to
distinct ethylcellulose layer destruction during tableting. The release is retarded with increasing
ethylcellulose layer thickness on directly compressed mini-tablets. The different formulations of
coated pellets, mini-tablets, and normal tablets offer a broad choice for variable drug release kinetics
depending on the biopharmaceutical and pharmacological requirements.

Keywords: pellets; mini-tablets; controlled drug release

1. Introduction

In contrast to classical single-drug units like tablets, hard and soft gelatine capsules,
and single powder or granule doses in sachets and stick packs, mini-tablets and pellets
are small, solid drug units providing several distinct advantages, i.e., dose definition
through the combination of single units, and homogeneous spreading after administration
in the stomach and small intestine, therefore increasing the adsorption area and improv-
ing bioavailability.

Tablets developed in a solid drug dosage form for human use are in the range of
4–15 mm in diameter, whereas mini-tablets range from 1 to 4 mm, making them suitable for
the manufacture of multiparticulate drug delivery systems. Mini-tablets may be filled, hard
gelatine capsules or compressed into tablets as the final drug formulation. There has been
an increasing interest in mini-tablets over the last 20 years. Until now, the investigation
of mini-tablets has focused on their compression behavior and properties. Mini-tablets
are compressed using lower compression force than classical tablets and exhibit lower
tensile strength, but also exhibit sufficiently low friability depending on the formulation
components. The capping tendency is reduced in some cases compared to large tablets [1],
and doses of up to 90% of some critical drug substances may be successfully compressed [2].
The content uniformity of mini-tablets depends on the component particle size, particle
size distribution, the high level of interactive blending of the components [3], compression
blend flow properties [4], and the drug substance’s physical behavior [5].

Coatings 2023, 13, 1891. https://doi.org/10.3390/coatings13111891 https://www.mdpi.com/journal/coatings1
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Controlled drug release is one of the most important aims of mini-tablet manufacturing.
In analogy to large tablets with slow and sustained release, matrix mini-tablets were investi-
gated that consisted of insoluble, but slowly swellable ethylcellulose [6] and high-molecular
hydroxypropylmethylcellulose [7–9], polyvinylacetate/polyvinylpyrrolidone [10], and pH-
value-sensitive acrylate polymers [11].

Similar insoluble acrylate polymers [12,13], copolymer vinylpyrrolidone–vinylacetate [14],
ethylcellulose [15], and hydroxypropylmethylcellulose acetate succinate [9] were used as
coating materials for mini-tablets with sustained drug release, distinct lag time, and enteric
coating properties. Mini-tablets were developed with different application and indication
aims. Mucoadhesive mini-tablets for ocular medication consist of high-molecular poly-
acrylic acid or waxy maize starch [16,17]. After administration into the saccus conjunctivae,
the mini-tablets swell, forming a gel that sticks to the mucosa and releases the drug over a
long time period. For the prolongation of the gastric emptying time, the mini-tablets were
compressed into large tablets with effervescent substances for gas generation and a larger
content of high-molecular hydroxypropylmethylcellulose, leading to a prolonged residence
time in the stomach and sustained drug release [18–20]. The absorption of peptides after
oral administration was improved and delayed by using N-trimethyl chitosan chloride
as the main component of mini-tablets [21]. Drug release was optimized through drug
complexation with β-cyclodextrin [22]. Mini-tablets have also received increasing interest
in terms of dose-controlled use for children. The taste of sodium benzoate was successfully
improved by the use of hard fat in mini-tablets [23], and the suitability of powdered milk
for the production of paracetamol mini-tablets was investigated [24].

Compared to mini-tablets, pellets and coated pellets are used for a longer time as
the drug-containing components of multiparticulate drug delivery systems. Research
and development in the field of pharmaceutical pellets include processing, i.e., extru-
sion/spheronization [25], fluidized bed rotor agglomeration [26], and layering and coating
with enteric [27,28] and retarding polymers like ethylcellulose [29–33]. Drug substances
may be incorporated into the pellets, layered onto the surface of the pellets, or both for the
initial and maintenance dosage [34,35].

Mini-tablets and pellets are comparable so far, but differ in size, with drug-loaded pel-
lets for pharmaceutical use being in the range of 100–800 μm. The contents of mini-tablets
and drug pellets are filled into hard capsules or compressed into tablets. Consequently,
some authors compare the suitability and the properties of pellets and mini-tablets with
the same drug substance and similar formulations, indicating the advantages and disad-
vantages of both dosage forms. Drug release depends on the kind of coating polymer and
layer thickness, the wetting and water absorption of the neutral cores, and formulation
changes induced by matrix formers [36]. The release of easily soluble drug substances
from ethylcellulose-coated pellets according to the manufacturing method, kind of binder
used in the wet granulation, and layer thickness increased in comparison to mini-tablets
due to their significantly higher specific surface area [37]. For prolonged release, pellets
require a much thicker coating layer compared to mini-tablets. The coating layer thickness
of similarly formulated mini-tablets and pellets was successful measured using dynamic
image analysis [38]. The use of mini-tablets competes with new development dosage forms
and modifications for sustained release [39,40].

The aim of the present paper was to examine the development of coated pellets and
mini-tablets and to compare the different solid dosage forms on the release kinetics of
easily soluble sodium benzoate as a model drug substance. Therefore, three different solid
dosage forms were manufactured.

Inert microcrystalline cellulose pellets were used as starter cores. In a first step, the
pellets were coated with sodium benzoate, and in a second step, with the ethylcellulose
as an insoluble retarding polymer (EC pellets). The coated pellets were compressed into
mini-tablets type 1 (MT1) and normal tablets (NT). Furthermore, mini-tablets type 2 (MT2)
were manufactured through the direct compression of sodium benzoate and excipients
(filling agent, disintegration agent, lubricant) and were then coated with ethylcellulose
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(Figure 1). The coating was performed using fluidized bed technology. The influence
of the process parameters and formulation parameters on the coating was evaluated, as
well as the impact of the compression procedures on the product properties and sodium
benzoate release. Finally, the products were compared regarding the product parameters
and benefits for industrial manufacturing.

sodium benzoate 
drug substance (sb)

drug pellets = Cellets® + sb
fluidized bed

EC pellets 
= drug pellets + Surelease® 

fluidized bed

Mini-tablets type 1 (MT1)
= EC pellets + blend mass 

compression

Mini-tablets type 2 (MT2)
= sb mini tablets + Surelease®

fluidized bed

sb + blend mass = sb mini-tablets 
direct compression

Normal tablets (NT)
= EC pellets + blend mass   

compression

Figure 1. Overview of three different solid dosage forms for sustained release.

2. Materials and Methods

2.1. Materials

All excipients were used as received. The quality of all substances refers to pharma-
copoeia [Ph. Eur. 2020]. Inert microcrystalline cellulose pellets (Cellets®200, IPC, Dresden,
Germany), sodium benzoate (Chemie Vertrieb, Magdeburg, Germany), polyvinylpyrroli-
done (PVP, Kollidon 30®, BASF, Ludwigshafen, Germany), talcum (Chemie Vertrieb,
Magdeburg, Germany), ethylcellulose (Surelease®, Colorcon, Dartford, UK), microcrys-
talline cellulose (MCC, VIVAPUR®102, JRS Pharma, Rosenberg, Germany), lactose monohy-
drate (Meggle, Wasserburg, Germany), high-dispersed silicon dioxide (Aerosil®200, Evonik
Industries, Germany), carboxymethylcellulose, sodium salt, magnesium stearate, and zinc
stearate (all substances from Merck, Darmstadt, Germany) were used.

The formulation of the sodium-benzoate-layered and ethylcellulose-coated pellets is
summarized in Table 1, and the formulations of the mini-tablets MT1 and MT2 and normal
tablets (NT) are presented in Table 2.

Table 1. Formulation of the final pellets coated with sodium benzoate and ethylcellulose.

Components of Pellet Lot Content (%)

Microcrystalline cellulose (Cellets®200) 23.2
Sodium benzoate 30.2

Polyvinylpyrrolidone 1.6
Talcum 0.6

Ethylcellulose 44.4
Total 100.0
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Table 2. Formulation mini-tablets MT1 and MT2 and normal tablets NT.

Components of (Mini) Tablets MT1/NT Content (%) MT2 Content (%)

Microcrystalline cellulose 36.6 38.8
Sodium benzoate 15.1 15.5

Polyvinylpyrrolidone 0.8
Talcum 0.3

Ethylcellulose 22.2 20.0
Lactose monohydrate 18.5 19.0

Carboxymethylcellulose, sodium salt 5.0 5.2
Magnesium stearate 1.0 1.0

High dispersed silicon dioxide 0.5 0.5
Total 100.0 100.0

In the case of the mini-tablets MT1, polyvinylpyrrolidone was added to the sodium
benzoate layering fluid to increase the plasticity and mechanical stability of the sodium
benzoate layer, and talcum was added to prevent the pellets from sticking during the
process (Table 2). Surelease® is a ready-to-use aqueous coating dispersion made of ethylcel-
lulose and the addition of further excipients is not necessary. Polyvinylpyrrolidone and
talcum were not included in the MT2 mini-tablet lot due to the direct compression of all
components. Lactose monohydrate serves as a filling agent, sodium carboxymethylcel-
lulose as a disintegrant, magnesium stearate as a lubricant, and high-dispersed silicon
dioxide as a flow promotor in the compression powder mixture in order to obtain successful
compression and final tablets of high quality.

2.2. Methods
2.2.1. Sodium Benzoate Layering of Pellets and Ethylcellulose Coating in the Fluidized Bed

The fluidized bed layering of the inert pellets with sodium benzoate and the coating
of the sodium benzoate pellets and mini-tablets with the ethylcellulose was performed
using a lab-scale fluidized bed coater (Mylab, IMA S.p.A., Bologna, Italy) equipped with
the central partition and the bottom spray setup. The fluidized bed coating process param-
eters are reported in Table 3. The direct-compressed mini-tablets MT2 were coated with
ethylcellulose using an increased process air rate of 200 m3/h compared to the sodium
benzoate layering and the ethylcellulose coating of pellets (125 m3/h, Table 3). Therefore,
the water evaporation rate was increased and the product temperature was raised to 55 ◦C
compared to 42 ◦C for MT1 and NT. The spray rate was lower in all cases of ethylcellulose
coating compared to sodium benzoate layering to prevent the pellets and mini-tablets from
sticking and to stop the fluidized bed from over-wetting and breaking down.

Table 3. Fluidized bed process parameters, sodium benzoate layering, and ethylcellulose coating of
pellets and mini-tablets.

Process Parameters
Sodium Benzoate

Layering

EC Pellets
Ethylcellulose

Coating

MT2
Ethylcellulose

Coating

Batch size (kg) 3.0 1.6 2.0
Process air rate (m3/h) 125 125 200

Process air temperature (◦C) 70 60 70
Product temperature (◦C) 43 41 55

Spray pressure (bar) 2.0 2.0 2.0
Spray rate (g/min) 30 15 10

Spray nozzle diameter (mm) 1 1 1
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2.2.2. Tableting

The PREXIMA 80 (IMA, Bologna, Italy) rotary tablet press was used for the mini-tablet
compression (MT1 and MT2). It was equipped with a mixed turret Eu-B and Euro-D,
suitable for laboratory trials, consisting of Euro-D dies and Euro-D biconvex round multi-
tip punches of 2 mm in diameter (24 tips per punch). The normal biplane tablets (NT) of
a 6 mm diameter round shape were compressed using the same press and tablet press
configuration. Two levels of compression forces were used for the mini-tablets (6 and
11 kN) and normal tablets (11 and 31 kN) with the aim of assessing the release profile of
the solid oral dosage forms. The thickness of the mini-tablets was 3 mm and that of the
normal tablets was 4 mm.

2.2.3. In Vitro Release of Sodium Benzoate

An in vitro release investigation was carried out using a dissolution tester (PTW II,
Pharma Test, Hainburg, Germany) equipped with 6 vessels and paddle at a temperature
of 37 ◦C and a rotation rate of 50 rpm in purified water (1000 mL), according to the
pharmacopoeia method [Ph. Eur. 2020]. A suitable measure of EC pellets (33 mg) or number
of mini-tablets (10 and 12 for MT1 and MT2, respectively), amounting to approximately
10 mg sodium benzoate, was placed into each vessel. The samples of the release fluid
(10 mL) were withdrawn at predetermined time intervals over at least 120 min and were
filtered using a membrane filter of pore size 0.22 μm. The sodium benzoate content of the
filtrate was directly measured using UV spectroscopy.

The sodium benzoate content of the EC pellets and mini-tablets was measured using
UV spectroscopy (Spekol 1300, Analytik Jena, Jena, Germany) at 220 nm wavelength
and 10 mm quartzite cuvette length, compared to blind purified water. Therefore, a
defined measure of EC pellets or mini-tablets amounting to 10–12 mg sodium benzoate
was dispersed in purified water, agitated for 30 min, and filtered, and then the filtrate was
transferred to a 1 L volumetric flask and filled up to the measurement line.

2.2.4. Scanning Electron Microscopy (SEM)

The morphology of the pellet and the mini-tablet surfaces was examined using SEM
(Type PWb6703/SEM 515, Philips Corp., Eindhoven, The Netherlands). Accordingly, the
samples were coated with gold–palladium plasm for 230 s under an argon atmosphere
(SCD 040, Balzers Union, Liechtenstein).

2.2.5. Powder Characterization

The particle size, size distribution, and sphericity of the pellet products were measured
using dynamic image analysis (Camsizer® P4, Retsch, Haan, Germany). The bulk density
of the pellet products (100 g) was measured using an SVM 102 tap volumeter (Erweka,
Heusenstamm, Germany) with a 250 mL graduated cylinder.

The tablet friability was investigated using a TA 10 friabilator (Erweka, Heusenstamm,
Germany). In this process, a 6.5 g weight of the tablets is exposed to friction and fall forces
over 4 min using a rotating wheel 30 cm in diameter with a baffle. The tablets are inspected
for the percentage mass lost through chipping. The Ph. Eur. Specification allows maximum
of 1% mass to be lost [Ph. Eur. 2020].

2.2.6. Linearization of Release Curves

The evaluation of the release curves was performed according to different models
of release kinetics used by several authors [41–44]. In the first step of release evaluation,
the amount of a cumulatively released substance is plotted compared to time. Linear
curves arise in the case of zero-order kinetics, i.e., equal drug amounts are released at
equal time intervals (Equation (1)). This behavior is typical for long-acting drug delivery
systems with pronounced retarded release like implants, oral therapeutic systems in the
sense of an osmotic pump, ocular therapeutic systems, and special kinds of microparticles
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and nanoparticles with biodegradable polymers, and is not typical in the case of pellets
and tablets.

Mt = M0 − k0 × t (1)

First-order release kinetics is typical for slightly soluble drugs in solid preparations
like tablets, pellets, and granules dominated by slow dissolution and diffusion control.
The dissolution, or the release rate, is highest at the beginning according to the large
concentration gradient—as the most important factor in Fick’s first law for transport flow
density by diffusion (Equation (2))—and diminishes with process time.

1/A × dn/dt = −D × dc/dx (2)

The released drug amount at moment t is calculated using Equation (3), and lineariza-
tion gives the Sigma Minus function (Equation (4)).

Mt = M0 × exp(−k1 × t) (3)

ln (M0 − Mt) = ln (M0) − k1 × t (4)

Another approach to the first-order kinetics evaluation of release processes includes
the RRSB function (Equation (5)) and linearized form (Equation (6)).

Mt = M0 × (1 − exp (−tb/a) (5)

ln (−ln (1 − Mt/M0)) = b × ln (t) − ln (a) (6)

The square root function (Equation (7)) is preferred in cases of the diffusive transport
processes of non-disintegrating matrices and semisolid systems like ointments and gels.

Mt = kq × √
t (7)

The difference factor describes the relative error between two release profiles calcu-
lated from the cumulative released amounts Ri and Ti at distinct moments for reference
and test formulation (f 1, Equation (8)). The similarity factor is based on the sum of the
deviation squares of the released drug amounts (f 2, Equation (9)) of the reference and test
formulation, and takes a value of 100 in the case of identical release profiles and values
between 50 and 100 for similar release profiles. Both factors are used for the comparison
of generics and standard drug product release rates. In this study, the factors are used to
evaluate the similarity (or difference) of the sodium benzoate release from mini-tablets,
normal tablets, and EC pellets.

f1 =
∑n

i=1 Ri − Ti

∑n
i=1 Ri

× 100 (8)

f2 = 50 × log

⎧⎨
⎩
[

1 +
1
n
×

n

∑
i=1

(Ri × Ti)
2

]−0.5

× 100

⎫⎬
⎭ (9)

3. Results and Discussion

3.1. Manufacturing of Coated Pellets and Tableting and Coating of Tablets

The process of consecutive Cellets®200 layering with sodium benzoate and ethylcel-
lulose coating in the fluidized bed was performed according to earlier investigations [34].
The ethylcellulose coating of MT2 was accompanied by agglomeration due to the greater
contact area of the mini-tablets in comparison to the pellets. Successful agglomeration
mitigation was achieved by increasing the process air rate and reducing the spray rate
from 15 to 10 g/min (Table 3). During the ethylcellulose coating of MT2, the samples
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of intermediate product were taken at 10% and 20% ethylcellulose content in order to
investigate the sodium benzoate release.

3.2. Product Properties
3.2.1. EC Pellets

The ethylcellulose-coated sodium benzoate pellets provide the advantage of a mul-
tiparticulate drug delivery system with a median x50.3 of 574 μm. The bulk density of
0.74 g/mL hints to the slight densification and physical stability of the pellets. The surface is
smooth and homogeneous with only low roughness (Figure 2). The inner microcrystalline
cellulose pellet is surrounded by layers of sodium benzoate and ethylcellulose and the
pellets indicate high sphericity at 0.96.

  

Figure 2. SEM of Cellets®200 layered with sodium benzoate and ethylcellulose: complete pellet (left)
and section with core and coating layer (right).

3.2.2. Mini-Tablets and Normal Tablets

The mini-tablets MT1 and MT2 (before ethylcellulose coating) show relatively high
thickness (3 mm, Table 4) compared to diameter (2 mm). MT1 contains 50% w/w EC
pellets and MT2 is compressed from a powder mixture lacking in polyvinylpyrrolidone
and talcum and, finally, coated with ethylcellulose. The increased average weight of MT1
(8.46 mg) compared to MT2 (7.36 mg) results from the high density of the EC pellets in MT1.
The sufficient hardness and mechanical stability of all three kinds of tablets are evidenced
by their low friability (Table 4).

Table 4. Properties of mini-tablets MT1 and MT2 with ethylcellulose layer and normal tablets NT.

Samples
Avg. Weight

(mg)
Weight

Uniformity (%)
Diameter

(mm)
Thickness

(mm)
Friability

(%)

MT1 8.46 4 2 3 0.5
MT2 7.36 4 2 3 0.0
NT 151.8 1 6 3 0.1

The SEM microphotographs of MT1 compressed from EC pellets show the three-
dimensional dispersion of the pellets (Figure 3). The interparticulate space between the
pellets is filled with the mixture of powder excipients (Table 2). The pellets are visible not
only through SEM imaging, but also using stereo light microscopy.

7
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Figure 3. SEM of mini-tablets MT1 compressed from EC pellets and excipients: complete mini-tablet
(left,middle) and section (right).

The ethylcellulose-coated MT2 mini-tablets manufactured from the powder mixture
and not from the pellets show a smooth surface (Figure 4). The section indicates the
mini-tablet’s core of compressed powder components surrounded by ethylcellulose film.

  
Figure 4. SEM of mini-tablets MT2 compressed from powder mixture of sodium benzoate and
excipients and coated with ethylcellulose: complete (left) and section (right).

3.3. Sodium Benzoate Release from EC Pellets, Mini-Tablets MT1, and Normal Tablets NT
3.3.1. Release versus Time, Zero-Order Kinetics

The ascents of the MT1, 11 kN and NT, 31 kN release plots are similar, but the plot
of the pellets is increased (Figure 5, double linear plot). The sodium benzoate is released
at a high rate after a lag time and there is obvious sufficient wetting and swelling of the
ethylcellulose film. The ethylcellulose-coated pellets release the sodium benzoate with a
lag time of 10 min due to the delayed wetting of the homogeneous surface consisting of
insoluble ethylcellulose and the slow swelling of the polymer (Figure 5). After a lag time of
10 min, the release is somewhat increased (steeper ascent) compared to the mini-tablets
and normal tablets, resulting in similar release plots after 60 min. In all cases, the sodium
benzoate release reaches 90% after 90 min.

The mini-tablets MT1 and normal tablets NT compressed from the same EC pellets
do not show a lag time. In contact with water, the tablets undergo disintegration and the
liberation of the pellets, and the sodium benzoate release starts immediately, contrary to
the pellets. The diminishing release rate (Figure 5) in the case of the tablets may derive
from both the delayed tablet disintegration and the wetting of the pellets in the inner tablet
volume or in the fragments. In addition, the compression of the EC pellets into tablets
is connected with the pressure onto the pellets, and, therefore, onto the ethylcellulose
layer. This is accompanied by mechanical friction, generating partial layer cracking and
leading to increased release and lack of lag time. Release plots at different compression
forces indicate the impact factor on the drug release. With MT1 as well as with NT,
the release rate is increased under high compression force (11 kN MT1 and 31 kN NT,
Figure 5). A high compression force leads to stronger destruction of the ethylcellulose layer
and the pellets themselves, and to faster release. The overlapping and interaction of the
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simultaneous ongoing processes lead to the present release behavior. The compression
of the ethylcellulose-coated pellets into mini-tablets MT1 does not pose any advantages
in comparison to compression into normal tablets NT regarding the sustained sodium
benzoate release (Figure 5). The variation in the release from mini-tablets is increased
compared to EC pellets and normal tablets compressed from pellets.

Figure 5. Sodium benzoate release from EC pellets (blue line), mini-tablets MT1 compressed with
compression force 6 and 11 kN, and normal tablets NT compressed with 11 and 31 kN (black lines)
versus time.

Normal tablets produced under a low compression force (NT, 11 kN) show the most
similar release profile to the reference profile of pellets. As expected, the results obtained
for both NT and MT1 show that the main retardation effect on the drug release profile
depends more on the decrease in the compression force in comparison to the disintegration
rate of the tablets. This can be explained by the preferred ethylcellulose layer breakage
of the coated pellets on the external side of the cores due to the compression force of the
tablet stamps.

3.3.2. Linearization of the Sodium Benzoate Release Plots of MT1, MT2, and EC Pellets

The first-order kinetics of the sodium benzoate release is most obvious for MT1
compressed with a force of 11 kN and NT with a force of 31 kN, with a coefficient of
determination (CoD) of 0.99 (Table 5). The initial phase of the wetting and swelling of the
ethylcellulose film is short, lag time does not occur, and the dissolution and the release
rate are high at the beginning and decelerate in the terminal phase. The CoD in the case of
the pellets amounts to only 0.95 due to the pronounced lag time at the beginning resulting
from the wetting and swelling of the comparably thick and homogeneous ethylcellulose
layer. The zero-order kinetics and square root show a lower CoD, appearing less probable.

Table 5. Coefficient of determination of sodium benzoate release from MT1, NT, and EC pellets.

Coefficient of
Determination R2 MT1 (11 kN) NT (31 kN) Pellets

Zero-Order 0.87 0.91 0.90
Square Root 0.95 0.96 0.88

Sigma Minus Plot (First-Order) 0.99 0.99 0.95
RRSB (First-Order) 0.99 0.98 0.95

9
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The Sigma Minus Plots show only little deviation of the ascents (Table 6). The form
parameter b > 1 (RRSB plot) hints to biphasic release with a slow rate in the initial phase.
The scale parameter 1/a, corresponding to the release rate, is diminished for pellets (0.10)
compared to tablets (0.22 and 0.23) regarding the complete release curve resulting from
the lag time. Slow release corresponds to a higher time parameter (t63.2%, 60 min for EC
pellets versus MT1 35 min and NT 46 min, Table 6).

Table 6. Ascent first-order release and parameters of RRSB plot: MT1, NT, and EC pellets.

Parameter MT1 (11 kN) NT (31 kN) Pellets

Ascent Sigma Minus 0.04 0.03 0.04
RRSB: 1/a (scale) 0.22 0.23 0.10

RRSB: b (form) 1.27 1.15 2.47
RRSB: t63.2% (time in min) 35 46 60

3.3.3. Difference Factor and Similarity Factor of Sodium Benzoate Release from MT1, NT,
and EC Pellets

The sodium benzoate release profiles from MT1, 11 kN and NT, 31 kN are similar
(difference factor 11, Table 7). The tablets are compressed from the same coated EC pellets.
Otherwise, difference factors above 15 (MT1/EC pellets 32 and NT/EC pellets 21) indicate
no similarity. The reasons are the lag time and the more homogeneous ethylcellulose film
in the case of the pellets compared to the tablets.

Table 7. Difference factor and similarity factor for comparison of release from MT1, NT, and EC pel-
lets.

Parameter Evaluation MT1/NT
MT1/

EC Pellets
NT/

EC Pellets

Difference Factor “similar” 0–15 11 32 21
Similarity Factor “similar” 50–100 77 68 73

All three similarity factors are in the range of 50–100, hinting to similarity. The
similarity factor is calculated based on deviation squares, and is not as sensitive as the
difference factor. In this case, the influence of lag time is not as strong as in the case of the
difference factor (Table 7).

3.3.4. Results for MT2 with Different Ethylcellulose Coatings

The cores without an ethylcellulose coating (0% ethylcellulose, Figure 6) release the
sodium benzoate immediately due to the absence of a diffusion polymer and the high
solubility of sodium benzoate. A distinct retarded release is observed for MT2 with a
10% ethylcellulose coating, but without a certain lag time. The release from MT2 with a
20% ethylcellulose coating is similar to the EC pellets with a high ethylcellulose content
at 44.4% (Figure 6). One should expect a lower release rate for MT2 due to a somewhat
thicker ethylcellulose layer as a result of the lower surface area compared to EC pellets.
The reason for the similar release is explained by the thinner coating layer at the edges
of the mini-tablets. This is a critical point compared to the nearly ideal spherical pellets.
In the case of a comparable thin ethylcellulose layer, the film will erupt preferentially at
the edges in contact with water. In order to avoid burst effects, it is essential to exceed the
critical thickness of the ethyl cellulose film, especially at the edges of the MT2 tablets. For
MT1, the critical EC layer thickness was not achieved; thus, no lag time and only a limited
sustained release were obtained.

10
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Figure 6. Sodium benzoate release from EC pellets (blue line), from uncoated mini-tablets MT2 (solid
line), and from MT2 with increasing amounts of ethylcellulose (10%, dotted line and 20%, dashed
line) versus time.

Difference factors distinctly above 15 (Table 8) indicate no similarity in the sodium
benzoate release from MT2 10%, MT2 20%, and pellets. The different thickness and the
condition of the ethylcellulose layers result in significant deviations in the release plots.
Otherwise, the similarity factors meet the acceptable range of 50–100, hinting to the weaker
evaluation of this parameter. The high coating level of EC pellets (44.4%) with a high
specific surface area corresponds more obviously to the higher-coated MT2 20% (similarity
factor 68) than to MT2 10% (similarity factor of 58).

Table 8. Difference factor and similarity factor for comparison of release from MT2 10%, MT2 20%,
and EC pellets.

Parameter Evaluation
MT2

10%/20%
MT2 10%/
EC Pellets

MT2 20%/
EC Pellets

Difference Factor “similar” 0–15 64 56 23
Similarity Factor “similar 50–100 57 58 68

3.3.5. Linearization of the Release Plots for MT2 10% and MT2 20% in Comparison with
EC Pellets

The similarity of the release from the MT2 20% and EC pellets is obvious when
comparing the first-order kinetics CoD values of 0.92 and 0.95, respectively (Table 9).
The lower-coated lot MT2 10% neither refers to zero-order kinetics nor to square root
kinetics, but rather to first-order kinetics with CoD values in the range of 0.79 to 0.81.
The interaction of the mini-tablet disintegration with the ethylcellulose swelling, sodium
benzoate dissolution, and diffusion out of the pellets presumably leads to first-order
kinetics, as in the case of EC pellets with a CoD of 0.95 (Table 9).

11



Coatings 2023, 13, 1891

Table 9. Coefficient of determination of sodium benzoate release from MT2 10%, MT2 20%, and EC
pellets with 44.4% ethylcellulose coating.

Coefficient of
Determination R2 MT2 10% MT2 20% EC Pellets

Zero-Order 0.47 0.73 0.90
Square Root 0.75 0.85 0.88

Sigma Minus Plot (First-Order) 0.79 0.92 0.95
RRSB (First-Order) 0.81 0.92 0.95

4. Conclusions

Drug- and polymer-coated pellets may be compressed into mini-tablets as well as
into normal tablets. Pellets and mini-tablets compressed into tablets as a multiparticulate
drug delivery system offer the advantage of being widely spread in the small intestine for
improved drug absorption and increased bioavailability compared to normal tablets. With
both tablet types (normal and mini), the sodium benzoate release is delayed depending on
the thickness and properties of the ethylcellulose film on the pellets.

Ethylcellulose-coated mini-tablets obtained through the direct compression of sodium
benzoate and excipients are an alternative method for multiparticulate drug delivery sys-
tem preparation. The product is characterized by a slow release rate depending on the
ethylcellulose film thickness that may be suitable when prolonged release is required.
The variation in release is increased compared to pellets and normal multiple-unit tablets
with pellets. Sodium benzoate layering on pellets in the fluidized bed and the subse-
quent tableting process are feasible for both mini-tablets and normal tablets, representing
an interesting option when a variation in the final pharmaceutical form is required for
marketing/patenting reasons.
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Abbreviations

MT1 mini-tablets compressed from coated pellets
and excipients

MT2 10%, 20% w/w mini-tablets compressed from
compression powder mixture of sodium benzoate
and excipients and finally coated with 10% or
20% ethylcellulose

NT normal tablets compressed from coated pellets
and excipients
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EC pellets Cellets®200 layered with sodium benzoate and
finally coated with 44.4% w/w ethylcellulose

RRSB logarithmic distribution function of Rosin,
Rammler, Sperling, and Bennet

SEM scanning electron microscopy
UV ultraviolet, visible
Notation

M0 dose, drug content (%)
Mt released drug amount (%)
T moment of drug release (min)
k0 release rate constant, zero order release kinetics (–)
k1 release rate constant, first order release kinetics (1/min)
kq release rate constant, square root release kinetics (–)
kc release rate constant, cubic root release kinetics (–)
A form factor RRSB (–)
B scale factor RRSB (–)
x50.3 median of volume density distribution (μm)
f 1 difference factor (–)
f 2 similarity factor (–)
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Abstract: Magnesium is a promising metal for resorbable cardiovascular implants due to its high bio-
compatibility, high corrosion tendency, and mechanical properties. However, adapting its corrosion
rate to the physiological healing processes is required to ascertain a safe graft function. A protective
polymeric layer is supposed to slow down the corrosion rate of magnesium. Additionally, coatings
can improve the host’s tissue interaction with the implant by implementing the local delivery of
antibiotic drugs and growth or cell adhesion factors. However, little is known about the interaction
of polymer-based coatings, their degradation, and magnesium corrosion. This study examines the
corrosion mechanism of magnesium protected by spin coatings and electrospun fiber coatings under
physiological conditions. Pure magnesium specimens were coated with polycaprolactone (PCL).
The corrosion of the coated magnesium was evaluated using an immersion test in simulated body
fluid. Spin coatings provided efficient protection against corrosive attacks and a significantly lower
corrosion rate by 75% compared to uncoated magnesium. In contrast, fiber coatings did not provide
relevant corrosion protection. On the other hand, magnesium corrosion caused the accelerated degra-
dation of the PCL layer. A reliable and safe implant function is vital, especially in cardiovascular
applications. Magnesium coating, therefore, should be carried out with spin coatings.

Keywords: magnesium degradation; polymeric coating; in vitro testing; degradable implants;
electrospinning

1. Introduction

Magnesium serves as an ideal metallic substrate for different cardiovascular grafts. For
instance, a well-known application is temporarily stenting stenosed coronary arteries [1–3].
In addition, patients with severe congestive heart failure can also benefit from novel magne-
sium grafts. Schilling et al. inaugurated the mechanical stabilization of delicate biological
patch materials with degradable magnesium scaffolds [4–6] for patients with terminal heart
failure requiring cardiac transplantation, left ventricular assist device (LVAD) implantation,
or surgical reconstruction of the dysfunctional myocardium [7]. The known lack of donor
organs and the significantly impaired quality of life after LVAD implantation still limit those
therapies today. Thus, reconstructing the dysfunctional myocardium with regenerative
biological grafts with the potential for in vivo physiological remodeling is a promising
therapeutic approach. Unfortunately, biological grafts, such as small bowel or stomach
tissue, display insufficient mechanical stability prior to physiological remodeling. Thus,
those grafts have only been used in the low-pressure system of the heart to reconstruct
atrial or right ventricular defects [8]. The high blood pressure in the left ventricle would
cause life-threatening aneurysms or the rupture of biological grafts. The temporary me-
chanical stabilization of those grafts with degradable magnesium scaffolds could facilitate
their application (see Figure 1). A controlled degradation rate of the magnesium scaffolds
is mandatory to ensure a stabilization function that prevents catastrophic failure of the

Coatings 2023, 13, 94. https://doi.org/10.3390/coatings13010094 https://www.mdpi.com/journal/coatings15



Coatings 2023, 13, 94

initially delicate biological prosthesis until physiological remodeling leads to increased
mechanical stability.

 

Figure 1. Operative situs. Autologous transplantation of a vascularized stomach segment (B) to
reconstruct a complete wall defect of the left ventricle (A) in a porcine model. Stabilization of the
delicate stomach tissue with a degradable magnesium alloy scaffold (C).

The discrepancy between the corrosion rate of magnesium implants and the physi-
ological remodeling rate of biological grafts limits the widespread combination of these
materials. The basic mechanism of Mg corrosion is the reaction of the metallic surface with
water (Equation (1)) to form hydrogen, magnesium ions, and hydroxide ions. These ions
form an oxide, which stabilizes at high pH values (Equation (2)):

Mg(s) + 2H2O → Mg2+(aq) + 2OH−(aq) + H2(g) (1)

Mg2+(aq) + 2OH −(aq) ↔ Mg(OH)2(s) (2)

In phosphate-containing (simulated) body fluids, Mg(OH)2 transforms into a porous
hydroxyapatite (HA)-like oxide layer, which covers the surface and serves as a protective
layer for the graft [9]. Coatings are an effective way of controlling these corrosion reactions
and adapting the corrosion rate to tissue regeneration.

Most frequently, ceramic coatings, such as hydroxyapatite (HA) [10,11] or silicates [12],
have been investigated to improve the corrosion performance of magnesium. A few
studies assessed alternative approaches based on polymer coatings [13,14]. In addition to
controlling the corrosion reaction, these polymeric coatings offer further possibilities to
improve implant performance. Drug delivery systems [14] or improving tissue ingrowth
into the implant make polymeric coatings appealing for implant development [15,16].

The electrospinning of fibrous coatings is highly adjustable to those individual re-
quirements [17–22]. Two alternatives to create dense polymeric coatings are dip and spin
coatings. These methods produce a homogenous, non-porous, and dense layer on the
bulk material [14,15], whereas the air-spraying [15] and electrospinning [13] of polymers
form a fibrous coating. PCL and polylactic acid (PLA) are researched biomaterials for
magnesium coating, which are approved for biomedical use by the FDA (Food and Drug
Administration). There is evidence that dense and fibrous/porous polymeric coatings
decrease the corrosion rate of magnesium. Xu et al. [16] and Wong et al. [15] showed
that PCL coatings on magnesium improve cell attachment and tissue growth around the
implant material, which is explained by the decreased magnesium corrosion rates.

Currently, polymer coating is often viewed only from the magnesium’s perspective:
how is the corrosion kinetic affected by its coating? The influences of the magnesium
corrosion process or products on the coating are rarely considered. Questions such as how
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long does the coating layer stay intact and how does the degradation change under the
harsh conditions of magnesium corrosion (high local pH values and increased metal ion
concentration) remain unanswered. The interaction of magnesium corrosion and polymer
degradation has only been considered by Chen et al. [14], who reported that magnesium
corrosion damaged PLA coatings. They hypothesize that the hydrolysis of the water-
permeable PLA coating leads to a decreased pH value, which causes a dissolution of the
Mg(OH)2 corrosion layer underneath the coating. This process results in the collapse of the
coating and accelerated corrosion of the magnesium [14].

A detailed understanding of the mutual interactions of polymeric coatings, the degra-
dation of the polymer layer, and magnesium corrosion could yield protocols for develop-
ing polymer–metallic implants with highly controllable degradation and corrosion rates.
Reliable implants would suit various applications in cardiovascular surgery, such as biore-
sorbable stents or temporarily stabilizing scaffolds for biological grafts.

2. Materials and Methods

In this study, we aim to extend the picture of the influence of magnesium corrosion
on polymer degradation. Therefore, we examine the unique characteristics of PCL fiber
coating degradation compared to dense, homogenous PCL coatings. The materials were
exposed to locally increased pH values caused by magnesium corrosion [14]. The pH
value was adjusted to pH 13 assuming that near the magnesium surface the hydroxide ion
concentration would be very high. For our experiments, we used high-purity magnesium
to eliminate the influence of alloying elements on polymer degradation. Two kinds of
experiments were performed. The magnesium corrosion behavior with two different
coatings (PCL fiber and PCL spin coating) was studied in a corrosion experiment for 100 h.
The behavior of the polymeric fiber material in a harsh environment was studied using
immersion tests under high pH values for two weeks. Both experiments were carried out
at body temperature (37 ◦C). This setup took account of the fact that magnesium corrosion
proceeds much faster than polymer degradation.

2.1. Sample Preparation for the Mg Corrosion Experiment

For all experiments, cylindrical samples of high-purity magnesium (99.94% pure,
Magnesium Elektron UK, Manchester, UK) with a diameter of 8 mm and a height of
2 mm were used. Before coating, the specimens were polished with 1000 grit and cleaned
with 70% (w/v) ethanol to reduce the number of particles on the surface. The polymer
coating solution and the solution for electrospun fiber mats consisted of 5% (w/v) PCL
(molecular weight: 80,000, Sigma-Aldrich Chemistry Corporate, St. Louis, MS, USA) in
2,2,2-trifluoroethanol (TFE, 99.8%, abcr GmbH, Karlsruhe, Germany) in accordance with
Degner et al. (2013) [23].

2.2. Polymeric Coating for the Mg Corrosion Experiment

The PCL spin coating was carried out using a spin-coating device (Rotationswerkzeug
GRO 12V-35, Bosch, Gerlingen-Schillerhöhe, Germany) that allows a rotational speed of
5000 rpm. This value was evaluated by Xu et al. (2012), who investigated the spinning
parameter for a polymeric spin coating on 8 mm cylindrical magnesium plates [16]. The
PCL spin-coated specimens (denoted as MgSc) were made by dipping the magnesium
specimens into the polymer solution. Subsequently, the rotation leads to spreading the
polymer solution onto the specimens’ surfaces. During this process time (30 s), the solvent
successively evaporates. The specimens with an electrospun fiber coating (denoted as
MgFc) were obtained using an electrospinning device with the same polymeric solution as
used for spin coating. The polymeric solution was pumped with 3ml/h through a needle
connected to a high voltage (HV) source (15 kV). The Mg specimens were connected to the
HV source with a copper wire on the opposite side. The distance between the specimen
and the needle tip was 15 cm; the electrospinning took 30 min.
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2.3. Characterization of the Coating

The mass of the coating was determined by weighing the sample before and after the
coating procedure. A cross-cut test characterized the adhesion of the coatings by cutting a
right-angle pattern into the coating and classifying the coating appearance. The thickness
of the electrospun and spin coatings was determined via scanning electron microscopy
(SEM) (S-3400N, Hitachi High-Tech Analytical Science Ltd., Tubney Woods, Abington, UK)
using detached coatings. For this purpose, the coatings could be removed. The detached
coatings were frozen in paraffin wax (Tissue-Tek, Sakura Finetek Europe BV, Alphen aan
den Rijn, The Netherlands) and cut with a cryotom (Tissue-Tek Cryo3, Sakura Finetek
Europe BV, Alphen aan den Rijn, The Netherlands). The thickness was measured via SEM
in the cross section. The fiber diameters were measured from SEM pictures using the
software ImageJ® before and after the experiment. All fiber measurements were conducted
after a drying period of 15 days. To analyze the influence of magnesium corrosion on
the coating performance, the coatings were examined using SEM and light microscopy.
Raman spectroscopy (Alpha 300 RA, WITec Wissenschaftliche Instrumente und Technologie
GmbH, Ulm, Germany) was conducted to observe changes in the molecular structure of the
PCL coatings. The wavelength of the Raman laser was 532 nm. The spectra were received
using a CCD detector, with an integration time of 1 s and an accumulation of 100.

2.4. Magnesium Corrosion Experiment

The magnesium corrosion behavior was measured using an immersion test described
by Knigge et al. [24]. The test setup (Figure 2) consists of a corrosion vessel connected to a
coupled in- and outflow and a hydrogen measuring unit. The measuring unit consists of a
measuring pipe (1ml, BRAND GMBH + CO KG, Wertheim, Germany) connected to the
reaction vessel and a glass cylinder (1l, BRAND GMBH + CO KG, Wertheim, Germany)
filled with vegetable oil. A continuous flow rate of the testing fluid (1 mL/h) provides
constant experimental conditions by exchanging the immersion fluid continuously to avoid
the accumulation of hydroxide ions. The syringes hold a volume of 24 mL, so they have to
be refilled (inflow) or emptied (outflow) after 24 h. In this step, the pH value of the test fluid
was measured in outflow to ensure that the experiment had taken place at a physiological
pH value (pH 7.4–7.5).

 

Figure 2. Experimental setup for measuring magnesium corrosion. The sample was placed in the
corrosion vessel perfused with a continuous fluid flow. A coupled pump provided the fluid flow,
transporting equal volumes of fluid in and out. The amount of hydrogen is determined using the H2

measuring unit. The level difference between the outer glass cylinder filled with oil and the inner
glass pipette filled with the H2 gas was documented.

The magnesium mass loss was calculated from the collected hydrogen using the ideal
gas equation (Equation (3)):

nH =
RT
pV

(3)

The pressure p was documented using a barometer (Feingerätebau K. Fischer GmbH,
Drebach, Germany). The temperature was controlled using a thermal oven (Memmert
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GmbH + Co. KG, Schwabach, Germany) at 37 ◦C. R is the ideal gas constant, V is the
measured volume of hydrogen, and nH is the amount of emitted hydrogen in mol. The
mass loss of magnesium can be calculated from the amount of hydrogen using Equation
(1), which says that 1 mol of magnesium causes 1 mol of hydrogen. The mass loss of
magnesium Δm can be calculated using Equation (4):

ΔmMg = nH × 24, 305 g/mol (4)

All experiments were conducted at 37 ◦C and in revised simulated body fluid (rSBF),
in accordance with Oyane et al. [25], to simulate a physiological environment (Table 1). The
syringes hold a test fluid volume of 24 mL, resulting in the replacement of the syringes after
24 h. A storage-related pH change in the rSBF (in accordance with Oyane et al. (2003) [25])
could thus be prevented.

Table 1. Composition of the fluids used for the magnesium corrosion and polymer degradation experiments.

Ion
Concentration in mM

rSBF mSBF 0.1 M NaOH H2O Dest.

Na+ 142.0 142.0 100 -
K+ 5.0 5.0 - -

Mg2+ 1.5 1.5 - -
Ca2+ 2.5 2.5 - -
Cl− 103.0 103.0 - -

HCO2
− 27.0 10.0 - -

HPO4
2− 1.0 1.0 - -

SO4
2− 0.5 0.5 - -

pH 7.4 7.4 13 7

The following Equation (5) can define the instantaneous corrosion rate (CR):

CR =
Δm

A(t)Δt
(5)

Δm represents the mass loss in mg, A(t) the corroding surface area in mm2 at the time
t, and Δt the immersion time in h. Usually, A(t) is equal to the initial surface area. As
A(t) is estimated as a constant, the corrosion rates were determined from the Δm/Δt-curve.
First, the initial phase in the mass loss curve was identified, characterized by an intense
mass loss at the beginning of the immersion. The initial phase was followed by the linear
phase, corresponding to a constant corrosion rate. The corrosion rate can be calculated from
the interception value of the linear curve, as suggested by Nidadavolu et al. (2016) [26].
Figure 3 shows an exemplary procedure for calculating the corrosion rate.

Figure 3. An exemplary procedure for calculating the corrosion rate according to
Nidadavolu et al. [26]. The linear phase of the curve is identified (start of the linear phase at the green
line). The linear part of the curve is approximated with a linear regression (blue). The interception
value/corrosion rate can be extracted.
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The immersion time for the coated samples (MgSc and MgFc) was limited to nine days
to minimize the influence of the changing surface A(t). The uncoated control (MgUc) was
immersed for four days because pure magnesium corrodes very fast.

2.5. PCL Fiber Degradation

It is impossible to measure the magnesium corrosion and fiber degradation in one
experiment because the mass loss is connected to both processes. In order to gain a more
precise understanding of the degradation mechanism of the PCL fibers in contact with
magnesium, an immersion experiment was carried out with fiber mats (denoted as efPCL).
The efPCL specimens were cut into squares of 4 cm2, and the mass was measured using
a microscale (Cubis, Sartorius AG, Göttingen, Germany). The mats were soaked in 70%
(w/v) ethanol for several minutes to clean them and increase their wettability. Afterward,
the mats were either immersed into 3 mL modified simulated body fluid (mSBF), or 3 mL
NaOH solution with an adjusted pH value of 13, or 3 mL distilled water (control) (Table 1).
The surface-to-test-fluid-volume ratio of 2 cm2/mL was adjusted to recommended values
according to the DIN 10993-13 guideline [27]. The fiber mats are very sensitive and prone
to damage if the test fluid is changed frequently. Therefore, the number of fluid exchanges
had to be reduced by choosing a stable SBF. The mSBF was used to determine the influence
of electrolytic components on PCL degradation. The hydrogen carbonate content of mSBF
is lower than in rSBF (see Table 1). mSBF is suitable for long-term experiments without
changing its pH value and without precipitating, according to Oyane et al. [25]. NaOH
solution simulates the high pH value in proximity to the corroding magnesium surface. PCL
degrades slower than magnesium. The PCL degradation experiment took place at 37 ◦C.
For this reason, a longer immersion time is necessary to detect PCL degradation [28]. After
two weeks of immersion, the samples were taken out and dried in a vacuum desiccator
(Duran Borosilicate Glass 3.3 Complete Vacuum Desiccator, Fisher Scientific, Leicestershire,
UK) for 12 h. The mass loss was measured using a microscale. After the experiment, the
immersion fluid pH value was measured using a pH meter (SevenMulti pH Meter, Mettler
Toledo, Columbus, OH, USA). Table 2 provides an overview of the experimental setup and
surface characterization.

Table 2. Overview of experimental setups and analysis (MgUc: uncoated magnesium, MgSc: spin-
coated magnesium, MgFc: electrospun fiber-coated magnesium, efPCL: electrospun fiber mats).

Experiment Magnesium Corrosion Electrospun Fiber Degradation
Sample MgUc MgSc MgFc efPCL

Test fluid rSBF mSBF in 0.1M NaOH
(pH 13) H2O dist.

Determination of
mass loss H2-measuring Mass loss

Coating characterization - Adhesion test -
Coating/fiber
morphology - SEM SEM

Surface characterization Optical -
Molecular structure of

fiber/ coating - Raman spectroscopy Raman spectroscopy and DSC

2.6. Characterization of the Fiber Mats

Dynamic differential calorimetry (DSC) was carried out (DSC 204 F1 Phoenix, Netzsch-
Gerätebau GmbH, Selb, Germany) to measure the change in crystallinity due to the degra-
dation processes. First, 5–12 mg of the sample material was placed into an aluminum pan
with a pierced lid. In accordance with Fricke et al. [29], each sample was scanned twice in a
temperature range of 50 ◦C below the glass transition temperature and 50 ◦C above the
melting temperature. The measurements were taken at a constant heating rate of 10 K/min
and a nitrogen flow of 20 mL/min. The efPCL samples were measured from 110 to 110 ◦C.
The temperature curves were evaluated using the software Proteus Analysis by Netzsch.
In addition to DSC, Raman spectroscopy was used to visualize changes in the chemical
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structure of PCL. The Raman spectroscopy was performed in the same way as described in
Section 2.2. In addition, SEM images were taken to investigate the fiber morphology before
and after the experiment. The fibers were examined after a drying period of 15 days.

2.7. Statistical Analysis

The immersion tests, the corrosion of coated and uncoated magnesium, as well as the
degradation of the fibers under different conditions were carried out using four samples
in independent experiments. All data, hydrogen volume, and mass loss were statistically
analyzed. Error bars show 95% confidence intervals (CI). Normality distribution checks
were performed using the D’Agostino and Pearson omnibus tests. The Student’s t-test
was used to compute the level of significance. Statistical significance levels are expressed
as “ns”—not significant, * p < 0.05, ** p < 0.01, *** p < 0.001, and **** p < 0.0001. The
fiber diameter of the electrospun coating and mats and the thickness of the coatings were
expressed as means ± standard deviation (SD).

3. Results

3.1. Characterization of the Coating

The coating of MgSc had a thickness of 38 ± 5 μm (n = 16). The mass of the coating
was 8 ± 2 mg (n = 4). The cross-cut test for evaluating the adhesion ability shows B1
classification, which refers to a very weak adhesion. The thickness of the fiber coating on
the MgFc was approximately 40 μm. The cross-cut test revealed classification B0, referring
to no adhesion. The dry electrospun fiber coating mass on each specimen was 16 ± 3 mg
for all samples. The mean fiber diameter was 2 μm. The appearance of the uncoated,
spin-coated, and electrospun-coated magnesium is depicted in Figure 4. The transparent
spin coating covers the magnesium specimen homogenously (Figure 4c). In contrast, the
electrospun coating shows curling at the edges of the sample (Figure 4e).

3.2. Magnesium Corrosion Experiment

The corrosion of MgSc and MgFc strongly decreased the initial corrosion rate com-
pared to the uncoated control (Figure 5a,b). The mass loss during the initial phase is
reduced by 70% in the MgSc group and 88% in the MgFc group. After the initial phase,
all mass loss curves change into a linear curve. No sudden changes in curve character-
istics can be observed. The regression (0.9824 ≤ R2 ≥ 0.9944) indicates linearity for the
entire observation period of nine days. Figure 5c shows the normalized mass loss rates
(Equation (4)) obtained from the linear part of the curves in Figure 5. The mass loss rate
of MgSc (0.00095 mg/h cm2 (0.047 mm/y)) is four times lower than the uncoated control
(0.0038 mg/h cm2 (0.19 mm/y)) which results from strongly inhibited corrosion in the
MgSc group. No corrosion rate can be given for MgFc because a gas bubble formed under
the coating during corrosion (Figure 5b). The bubble blocked the fluid contact. Subse-
quently, extended and nonquantifiable areas of the sample were protected from corrosion.
Therefore, no normalized mass loss rate for the fiber coating can be depicted.

There are clear differences between the coated samples and control group, as shown
using light microscopy (Figure 4a–d). The uncoated control has an oxide layer covering the
entire surface (Figure 4b). In contrast, the MgSc samples show uncorroded surface areas
(Figure 4d). In some areas, however, the coating is delaminated and has exposed large parts
of the magnesium sample to the rSBF. In these exposed areas, an oxide layer has formed
similar to the oxide layer of the uncoated control (Figure 4f). The fiber coating was removed
after immersion for a better view of the magnesium surface. The MgFc samples show
corroded and uncorroded areas similar to the MgSc samples. The corroded areas are mainly
located at the edges of the samples, whereas the central areas remain uncorroded. The PCL
fibers on magnesium before the corrosion experiment have a smooth, regular morphology
(Figure 6a) with an average fiber diameter of 2.1 ± 0.3 μm (n = 50). After the immersion test
of nine days (Figure 6b), the fibers appeared cracked, and some precipitation occurred. The
fiber diameter increased up to 2.7 ± 0.5 μm (n = 50). A similar picture of damage emerged
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with the spin coating on magnesium. Before the immersion test (Figure 4c), the coating
presents a dense morphology. After the immersion, the coating became brittle, and some
areas showed holes and delamination (Figure 4d).

 

Figure 4. Light microscopy pictures of the surface of the samples before and after immersion in
rSBF: (a) uncoated (MgUc) before immersion; (b) uncoated (MgUc) after immersion; (c) spin-coated
magnesium (MgSc) before immersion; (d) spin-coated magnesium (MgSc) after immersion; (e) surface
appearance of electrospun fiber-coated magnesium (MgFc) before immersion; (f) and after immersion
(removed fiber coating) (white scale bar = 2 mm).

 

Figure 5. Corrosion behavior of uncoated (MgUc), spin-coated (MgSc), and electrospun fiber-coated
magnesium (MgFc): (a) representative mass loss curves with linear regression (black lines) after the
initial phase; (b) bubble formation underneath the fiber coating during corrosion; (c) normalized
corrosion rate calculated from the linear regression (n.N.—not named) (** p < 0.01) (n = 4).
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Figure 6. SEM pictures of the coatings before and after immersion in rSBF for nine days: (a) electro-
spun fiber coating (MgFc) before; (b) and after immersion; (c) spin coating (MgSc) before; (d) and
after immersion.

The SEM in Figure 6a–d shows that the PCL fibers on magnesium before the corro-
sion experiment have a smooth, regular morphology (Figure 6a) with an average fiber
diameter of 2.1 ± 0.3 μm (n = 50). After the immersion test of nine days (Figure 6b), the
fibers appeared cracked, and some precipitation occurred. The fiber diameter increased
to 2.7 ± 0.5 μm (n = 50). A similar picture of damage emerged with the spin coating on
magnesium. Before the immersion test (Figure 6c), the coating presents a dense morphol-
ogy. After the immersion, the coating became brittle, and some areas showed holes and
delamination (Figure 6d).

The Raman spectra show the typical peaks for PCL (Figure 7). The peaks at 1725 cm−1

(νC O) and 1110 cm−1 (νCOC, skeletal stretching) characterize the crystalline phase of PCL.
Despite the heavy damage (Figure 6b,d), no change in chemical structure can be detected
using Raman spectroscopy. There is no change in the spectra after immersion. The more
substantial noise of the spectra of the fiber coatings compared to the spin coating may be
due to the fibers’ cylindrical geometry, resulting in focus inaccuracies. The sharp peak at
1725 cm−1 indicates PCL’s predominantly crystalline molecular structure. The presence of
a broad peak at 1735 cm−1 would designate the amorphous phase of PCL [30].

 

Figure 7. Raman spectra of the polymeric coatings on magnesium before and after immersion in
rSBF for 9 days. Peaks for PCL are the C-COO stretch at 913 cm−1 and 958 cm−1; the C-C stretch
at 1034 cm−1, 1064 cm−1, and 1110 cm−1; the CH2-twist at 1284 cm−1 and 1304 cm−1; and the
CH2-bend at 1418 cm−1 and 1441 cm−1. Peaks in the spectra that indicate the crystallinity of the PCL
are marked by #1 (1110 cm−1) and the C=O stretch at 1725 cm−1 (#2).
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3.3. Fiber Degradation Experiment

The fiber mats show no mass loss in the mSBF solution and dist. water (Figure 8).
However, two weeks of immersion in the NaOH solution (pH 13) caused a mass loss
of up to 7 wt.%. The pH value of the solutions (see Table 1) were constant during the
experimental time.

Figure 8. Mass loss of the PCL fibers after immersion in dist. water, mSBF, and NaOH solution
(pH 13) for two weeks. (“ns”—not significant, ****p < 0.0001) (n = 4).

The fiber morphology is depicted in Figure 9a,b for the fibers degraded in the mSBF
and NaOH solutions. The fibers degraded in water show no differences from those de-
graded in mSBF. Compared to the fiber degradation experiment with a high pH value
(Figure 9a), the fibers immersed in mSBF at pH 7.4 show no changes (Figure 9b). The fibers
immersed in the NaOH solution (pH 13) suffered similar damages to those observed for
the fiber coating (MgFc) (Figure 6b). The Raman spectra of the efPCL degraded in either
0.1M NaOH (pH 13) or mSBF reveal no change in the molecular structure. These findings
are consistent with the Raman spectra of MgSc and MgFc (Figure 7).

 

Figure 9. SEM pictures of PCL fiber mats: (a) after immersion in mSBF; (b) and NaOH-solution.
(c) Raman spectra of PCL electrospun fiber mats after immersion in dist. water, mSBF, or NaOH-
solution (pH 13).
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The increase in the melting enthalpy ΔHm is closely associated with the crystallinity of
the polymer [31]. The crystallinity was calculated based on the formula presented in the
study of De Cassan et al. [32]. The crystallinity is slightly increased for the efPCL immersed
in the NaOH solution (Table 3).

Table 3. Glass transition (Tg), melting temperature (Tm), melting enthalpy (ΔHm), and the calculated
crystallinity (xc) of the fiber mats efPCL after two weeks immersion in dist. H2O, mSBF, and NaOH
solution (pH 13) (n = 3).

Parameter Tg in ◦C Tm in ◦C ΔHm in J/g xc in %

Dist. water −61.2 60.8 80.2 58
mSBF −60.8 60.2 79.9 57.3

NaOH solution −61 61 84.7 60.8

4. Discussion

A controlled corrosion rate of magnesium grafts would open new options for cardio-
vascular surgery because of magnesium’s excellent biocompatibility and its temporary
in vivo function due to its degradation kinetics. The transient stabilization of biologi-
cal grafts with limited mechanical properties, such as the cholecyst-derived extracellular
matrix [33], small bowel [8], stomach [34], bladder [35], or pericardium [36], would fa-
cilitate the reconstruction of left ventricular myocardial damage. There is evidence that
autologous, vascularized segments of the small bowel or stomach have the potential for
the functional replacement of lesioned myocardium after approximately 3 to 6 months
of in vivo remodeling [6,8]. This concept of guided tissue engineering would be an ideal
therapeutic approach for patients with terminal congestive heart failure that still require
the implantation of ventricular assist devices or cardiac transplantation. However, the bio-
logical grafts require mechanical support in the phase of their in vivo remodeling, lasting
up to 6 months [6], albeit the magnesium alloy support scaffolds are susceptible to a faster
corrosion rate even though Schilling et al. employed magnesium fluoride (MgF) coating
(chemical conversion) to decelerate the corrosion process [5]. An additional coating could
further enhance the stabilizing support of the scaffold’s function until the physiological
remodeling of the biological graft provides sufficient mechanical stability, as concluded by
Gray et al. [37].

Moreover, polymer coatings not only slow down the corrosion of the metallic structure
but also provide better cytocompatibility [38,39]. Applying polymer coatings to metallic
substrates includes dip coating, spraying, powder coating, painting, or spin coating [37,38].
Dip coating and fibrous coating are the predominant procedures for biomedical applications.
Hence, on the one hand, this study was to determine the influence of dense and fibrous
coatings on magnesium corrosion and, on the other hand, the effects of the corrosion
process on the polymer layer.

4.1. Corrosion Protection of Magnesium by the Dense Coating

The results of the magnesium immersion test demonstrate that a homogenous, dense
coating significantly decelerates magnesium corrosion. Our findings align with the results
of Xu et al. who used biodegradable PLLA and PCL films to improve early corrosion
resistance and graft cytocompatibility [39]. The authors found that osteosarcoma cells
adhered well to the polymer-coated magnesium. They also found a reduced corrosion
rate of their magnesium samples, indicated by pH measurement and a reduced volume of
released Mg2+ ions. The main underlying mechanism of corrosion protection by coating is
a polymer barrier that inhibits the mass transport on the magnesium surface.

Nevertheless, there are two ways to overcome this barrier (Figure 10, Stage I). First,
defects in the coating enable convective fluid transport to the magnesium surface, and
second, diffusion through the PCL coating [14]. The mass transport through the PCL
layer by diffusion is slow and can only cause low corrosion rates underneath the coating.
At the same time, defects in the protective coating allow contact of the bare magnesium
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surface with the corrosive medium, causing corrosion at a higher rate. One product
of magnesium corrosion is hydrogen gas (Equation (1)), which enlarges the defect by
forming tiny bubbles underneath the coating (Figure 10, Stage II). These bubbles lead to the
delamination of the polymer layer. With increasing gas pressure, the probability of a “break
open” of the coating rises (Figure 10, Stage III). Subsequently, more fluid can reach the
magnesium surface involving larger areas in the corrosion process. The coating prevents
the mass transport of degradation products (Mg2+ and OH-), leading to its accumulation
underneath the coating. Hence, passivation of the magnesium surface with Mg(OH)2 and
calcium phosphates occurs. Eventually, the formed oxide layer provides efficient corrosion
protection (Figure 10, Stage IV).

 

Figure 10. Schematic representation of the interaction of dense coating with magnesium corrosion.
The fluid reaches the magnesium surface (Stage I), a hydrogen bubble forms due to magnesium
reacting with the fluid (Stage II), the coating breaks open (Stage III), and accumulation leads to oxide
layer formation and passivation (Stage IV).

Wong et al. [15] and Abdal-hey et al. [13] reported that the degradation rate of un-
coated and coated magnesium after the initial phase converges during the experiment.
In contrast, the results in the present study suggest that even a poor coating provides
corrosion protection. The control of the pH value significantly impacts the corrosion rate
of magnesium. In static conditions, the magnesium corrosion products accumulate in the
fluid, and the pH value increases up to a critical pH where a passivating oxide layer is
formed [24]. Uncoated and coated magnesium cause different alterations in the pH value
of the test fluid because there is a positive correlation between the increase in pH and the
corrosion rate. Finally, uncoated and coated magnesium reach a point of passivation if
the experimental conditions allow for the accumulation of the degradation products. The
inhibition of corrosion by OH accumulation in the control group can lead to an underesti-
mation of the efficiency of the coating. If the experiments of Wong et al. [15] had not taken
place in an environment with accumulated degradation products, the effect of the coating
in comparison to uncoated magnesium certainly would have been prolonged and clearer.

4.2. Corrosion Protection of Magnesium by Fibrous Coating

In contrast to the spin coating (MgSc), the fiber coating (MgFc) does not provide
efficient, reproducible corrosion protection. The highly porous mesh of the fibers does not
form an efficient barrier against the convection of rSBF to the magnesium surface (Figure 11,
Stage I). The specific surface of electrospun fibers, in combination with the hydrophobic
properties of PCL (with the contact angle of water on the PCL of 115◦ [40]), inhibit the gas
from permeating the fibrous coating after contact with rSBF. Moreover, the weak adhesion
of the coating to the magnesium surface supports spacious delamination. Consequently, a
big hydrogen gas bubble in the delamination space between the magnesium surface and
the fibrous PCL layer prevents the fluid from reaching the magnesium surface. So, no
degradation occurs in these areas (Figure 11, Stage II).
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Figure 11. Schematic representation of the interaction of fiber coating with magnesium corrosion.
The fluid reaches the magnesium surface (Stage I), and a hydrogen bubble forms due to magnesium
reacting with water. The bubble is trapped underneath the coating and hinders water from reaching
the surface (Stage II).

In contrast with these gas-covered areas, the areas with fluid contact show severe
degradation. In vivo, e.g., in a blood vessel, big gas bubbles present an unbearable risk of
gas embolism for patients.

The magnesium mass loss experiments do not consider the negative difference ef-
fect. This results in a little more hydrogen than indicated by the reaction equation
(Equation (1)) [41]. Considering leakages and the low but present gas solubility in rSBF,
this effect is neglected in this study.

4.3. The Effects of Magnesium Corrosion on the Degradation of PCL Coatings

This study’s second aim was to clarify the influence of magnesium corrosion on
PCL coatings. The electrospun fiber degradation experiment demonstrates that the PCL
degrades without measurable mass loss in mSBF, which aligns with the results from
Taylor et al. [42]. In their study, the degradation experiment shows only a 0.7 wt.% mass
loss of PCL in buffered solution after 16 weeks of exposure. The mass loss in high pH
values (pH 13) is significant, and the PCL shows accelerated degradation when immersed
in a harsh environment. However, the slight damage to the fiber structure, as seen in
the PCL fiber experiment compared with the heavy damage in the coating immersion
experiment (cracks, precipitation, and increased fiber diameter due to the uptake of water),
suggests that the impact of magnesium corrosion on PCL degradation is not fully gauged.
The depicted damages of the polymeric coating follow the results of Chen et al. [14] for
PLA-coated magnesium, which documented similar damages. The spin coating in their
study also suffered from embrittlement and precipitation [14]. The degradation of PCL is
detectable by quantifying the increased crystallinity of the material because the amorphous
areas in the polymeric structure suffer from degradation first [43]. The Raman spectra
should change from a broader peak at around 1736 cm−1 to a sharp peak at 1726 cm−1 with
increasing crystallinity [30]. As the crystallinity of the polymer was very high from the
beginning, which caused a very sharp peak at 1726 cm−1 before immersion, no change in
crystallinity could be detected in the Raman spectra.

DSC offers information regarding the thermodynamic properties. The results of
the DSC measurements show increasing crystallinity for electrospun fibers exposed to
high pH values that indicates the degradation of the amorphous regions of the PCL
material. The increased pH value and metallic cations (Mg2+) may cause a catalytical
effect. Stokes et al. [44,45] described the catalytical effect of metal ions in the context of
polyurethane degradation. Further research should be undertaken to investigate the
influence of metal ions on PCL degradation.

Overall, dense polymer coatings for magnesium-based implants can provide corrosion
protection. Despite the possible complicated coating process of complex geometry that may
lead to coating defects, the autoinhibiting corrosion process of magnesium can compensate
for these defects and inhomogeneities to a certain degree. Electrospun fiber coatings do not
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provide efficient corrosion protection but should be considered an enhancement for cell
interaction or drug delivery. Cardiovascular tissue brings special demands to implants. On
the one hand, there are high demands on the mechanical strength, which make the choice of
a metallic material appropriate; on the other hand, there is the particularly sensitive tissue,
which should be as free as possible from scar tissue [46]. A combination of mechanical
strength and the stimulation of healing by functionalized polymers makes polymer-coated
magnesium an interesting approach. PCL can be functionalized with cell-binding peptides
or cardiac ECM mimicking laminin-1 that support the healing process [47,48] or surfaces
treated with laminin that enable stem cell therapy.

5. Conclusions

• Spin coating can decrease the initial strong corrosion reaction;
• A dense coating has a prolonged decelerating effect on corrosion because of the

diffusion barrier and autoinhibition of the corrosion process;
• Fiber coatings do not provide efficient protection against corrosive attacks in the

conducted experimental conditions;
• The degradation of the polymer is accelerated in the presence of magnesium corrosion.
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Abstract: Constructing surface topographies in the micro- or nanometer range is an effective way
to improve the biocompatibility of biomaterials. For the present work, anatase coatings with con-
trollable micro/nanoscale characteristics were successfully prepared on an MgZn alloy surface via
solvothermal route, and their formation mechanisms are discussed. The features of the as-prepared
coatings were characterized using a scanning electron microscope (SEM), a transmission electron
microscope (TEM), an atomic force microscope (AFM), X-ray diffraction (XRD), and a contact angle
goniometer. The corrosion behavior of the coatings was also evaluated by testing the open circuit
potential (OCP) in SBF (Simulated Body Fluid). The results show that a gradual variation of the
anatase coating morphologies was obtained through adjusting the solvothermal reaction conditions.
With the increase of NH4F concentration in the solution, the cross-combined anatase nanosheets
became more dispersed. The micro/nanostructured anatase coatings provide the MgZn alloy with
good corrosion resistance, which increased with the density of anatase nanosheets in the coatings. In
addition, the coatings exhibit the inhibition of platelet aggregation, and the micro/nano structures
can also adsorb endothelial cells.

Keywords: topography; micro/nanostructure; anatase; coating; magnesium alloy

1. Introduction

1.1. Background

Biomedical metal, such as stainless steel, titanium alloy, and cobalt-based alloy, have
been widely used in orthopedic, cardiovascular, and dental fields because of their high
strength and corrosion resistance [1,2]. However, these metal materials are chemically
stable in the human physiological environment. Sometimes they need to be removed
by secondary surgery, which undoubtedly increases the pain and medical expenses of
patients. As an implant material, biomedical magnesium alloy has good biocompatibility,
and is easily corroded and destroyed in the physiological environment until it disappears
completely. Its degradation products can be metabolized and absorbed by the human body,
and thus secondary surgery can be avoided. Therefore, magnesium alloys, as biodegradable
and absorbable biomedical materials, have attracted much attention in bone tissue repair
and cardiovascular therapy, and have become a hot issue in the field of biomaterials [3,4].

Studies have shown that magnesium alloys corrode too fast in the physiological
environment, which leads to a sharp decline in the stability of their structure and properties.
In this case, stable support could not be provided in the process of tissue repair, since it may
lead to the premature failure of implants. Proper surface modification of the magnesium
alloy could control the degradation rate and improve biocompatibility [5–7]. The most
common surface modification method is to produce protective coatings on magnesium
alloys, which mainly include some inorganic coatings and degradable polymer coatings [8].
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For example, in bone fixation implants field, hydroxyapatite (HA), one of the primary
constituents of bone, has been extensively prepared onto magnesium alloy substrates by
different methods. In many cases, HA coatings could slow down the corrosion rate and
improve the biocompatibility or osseointegration of magnesium alloy implants [9,10].

In the field of magnesium alloy cardiovascular stents, some organic-based coatings
have been employed as corrosion protection layers, or more importantly, as drug delivery
carriers to prevent in-stent restenosis (ISR) [11–13]. On the other hand, as an inorganic ma-
terial, titanium dioxide was gradually used to prepare the protective coating of magnesium
alloy stents, aiming to provide increased corrosion resistance and improved biocompatibil-
ity of magnesium alloys [14–16].

It is generally believed that the optimal surface of cardiovascular implants should be
blood compatible, and moreover, promote the adhesion and growth of endothelial cells
(ECs), while suppressing the adhesion and proliferation of smooth muscle cells (SMCs).
Building a monolayer of endothelial cells on the stents is considered to be the most efficient
approach to reducing the risk of clot formation and restenosis, because an anticoagulant
surface can be offered by the endothelial layer [17,18]. So, it is vital for stents to enhance the
adherence, migration, and proliferation of ECs, resulting in rapid re-reendothelialization
after cardiac interventional therapy.

1.2. The Purpose of the Research

As is well known, the surface topography of biomaterial with micro- or nano- char-
acteristics could play a critical role in cell adhesion and proliferation [17,19,20]. Hence,
it is possible to fabricate specific surface microstructures on magnesium alloy stents to
enhance the re-reendothelialization, thus preventing the formation of ISR [21,22]. In our
early research, anatase titanium dioxide coatings with flower-like and sheet-like structures
were prepared on MgZn alloys for vascular stent application, since the titanium oxide
films have excellent blood compatibility [23,24]. We believe that an intensive study is
necessary to precisely control the structures and topographies of anatase coatings in mi-
cro/nanometer range. In this paper, gradually varying surface topographies provided by
anatase coatings were constructed on MgZn alloy substrates by adjusting the solvothermal
reaction conditions. The formation mechanism and properties of the coatings are discussed
below.

2. Materials and Methods

2.1. Coating Preparation

In this study, anatase coatings were fabricated on an MgZn alloy (composition:
2.0 wt.% Zn, 0.5 wt.% Nd, 0.46 wt.% Y, and balance Mg), developed by Zhengzhou Uni-
versity, Zhengzhou, China [25]. Samples with dimensions of 15 × 10 × 3 mm3 were cut
from the as-cast ingots by wire-electrode machining, mechanically polished, and soni-
cated in ethanol. Then, they were stored in ethanol before being solvothermal-treated in a
Teflon vessel.

Solvothermal treatment was carried out in Teflon-lined stainless-steel autoclave, in which
18 mL absolute alcohol and 140 μL titanium butoxide (TBOT) were employed as solvent
and reactant, respectively. To obtain micro/nano anatase coatings on the MgZn samples,
70 μL hydrofluoric acid (HF, 40 wt.%) and 140 μL NH4F aqueous solution (0.1–0.3 M) were
successively added into the former solution. After being stirred for 10 min, the Teflon vessel
containing the mixed solution and upright samples was sealed and fixed in the autoclave,
then treated at 170 ◦C for 12 h. Subsequently, the autoclave was cooled, and the samples
were taken out from the Teflon vessel, cleaned ultrasonically in deionized water, then dried.
In this study, for simplicity, abbreviations for the samples with different coatings are listed
in Table 1.
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2.2. Coating Characterization

The surface characteristics were observed by a scanning electron microscope (SEM,
SU8000, Hitachi, Tokyo, Japan), an atomic force microscope (TEM, Talos F200X, FEI, Hills-
boro, OR, USA), and an atomic force microscope (AFM, MultiMode8, Bruker, Billerica, MA,
USA). To obtain the cross-section image, the coating was slightly scratched with a sharp
blade, and the coating was partially damaged and broken away from the substrate, in
order to find the cross-section morphology under a scanning electron microscope. For TEM
analysis, a small number of powders was carefully scraped from the coatings and dispersed
in ethanol, and the dispersion was dropped on carbon-copper grids and dried. The crystal
structure of the coatings was determined through X-ray diffraction (XRD, X’Pert3 Powder,
PANalytical, Malvern, UK) with Cu Kα radiation at 45 kV and 40 mA. The water contact
angle (CA, n = 3) was measured with 10 μL droplets of deionized water employing a
contact angle meter.

Table 1. List of the abbreviations used in this paper.

No. Abbreviation Sample Description

1 MgZn Bare MgZn substrate
2 MgZn–0.1 F MgZn substrate with anatase coating, prepared in solution containing 140 μL of 0.1 M–NH4F aqueous solution
3 MgZn–0.2 F MgZn substrate with anatase coating, prepared in solution containing 140 μL of 0.2 M–NH4F aqueous solution
4 MgZn–0.3 F MgZn substrate with anatase coating, prepared in solution containing 140 μL of 0.3 M–NH4F aqueous solution

2.3. Corrosion Resistance Tests

The corrosion resistance tests of the bare and coated MgZn samples were conducted
on an electrochemical station (CS2350, Wuhan Corrtest Instrument Co., Ltd. Wuhan, China)
with a three-electrode cell in which the sample, platinum electrode, and saturated calomel
electrode were the working, counter, and reference electrodes, respectively. Electrochemical
measurements were performed at 37 ◦C in simulated body fluid (SBF), based on Ref. [26].

2.4. Biocompatibility Evaluation

In this paper, biocompatibility was evaluated including the platelets and endothelial
cells adhesion. For the platelets adhesion test, fresh human anticoagulant blood was
centrifuged at 1500 rpm for 15 min, then the upper yellow liquid was separated to obtain
platelet-rich plasma (PRP). An amount of 0.5 mL of PRP was dropped into 24-well culture
plates containing samples, and incubated at 37 ◦C for 1 h. Then, the samples were rinsed
with normal saline and fixed with glutaraldehyde. After that, samples were dehydrated
in increasing concentrations of ethanol, successively. Human umbilical vein endothelial
cells (HUVECs, Ea.hy926) were used to observe the cells adhesion to the samples. Firstly,
the sterilized samples were put into 24-well culture plates, then the endothelial cells were
seeded on the samples under a concentration of 2 × 104 cells/mL. After a 24 h incubation
period, the samples were washed with PBS buffer then treated by PBS buffer containing
2.5% glutaraldehyde for 12 h, and dehydrated with 50%, 75%, 90%, and 100% ethanol. The
samples were dried, then the platelets and cells were observed by SEM.

3. Results and Discussion

3.1. Coating Characteristics

The surface morphologies of the MgZn–0.1 F, MgZn–0.2 F and MgZn–0.3 F are pre-
sented in Figure 1. All samples were prepared by solvothermal treatment at 170 ◦C for
12 h in the mixed solution of alcohol, TBOT, HF, and NH4F. The only different parameter is
the NH4F concentration, varying from 0.1–0.3 M as described in the Experimental section.
Figure 2 indicates the XRD patterns of the samples. Clearly, in each sample there were two
phases detected: the MgZn phase as the substrate and the anatase phase (PDF#21-1271)
as the surface coating. Figure 1 shows that the surface of every sample was composed of
anatase sheets. However, the coatings were significantly different in topographies, reflected
in the crystal size, density, as well as conglomeration state of the anatase microstructures.
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At a lower NH4F concentration (i.e., 0.1 M), the coating was very dense due to the high
degree of aggregation of the layer-by-layer anatase sheets. These aggregates were crossed
and interconnected with each other. There was hardly any porosity in this coating, as
shown in Figure 1a,d. With the increase of NH4F concentration, the number and size
of anatase sheets in the aggregates decreased notably. Moreover, porous morphologies
appeared in the coatings because the sheet-like aggregates were dispersing gradually, as
shown in Figure 1b,c,e,f.

 
Figure 1. SEM surface morphologies of anatase coatings: (a,d) MgZn–0.1 F; (b,e) MgZn–0.2 F;
(c,f) MgZn–0.3 F.

 
Figure 2. XRD patterns of the as-prepared anatase coatings.

Figure 3a shows the TEM image of a broken anatase aggregate partially scraped from
the surface of the MgZn–0.3 F sample. It confirms that the aggregates were assembled from
anatase nanosheets with a thickness of 10–20 nm. These nanosheets were parallel or crossed
with each other during the growth process. As seen in Figure 1c,f, the aggregates of these
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nanosheets were significantly larger than 100 nm, close to micron scale. So, we defined the
coating as a micro/nano-scale structure coating. In Figure 3b, the High-resolution TEM
image shows the (004) planes of anatase with a crystal plain spacing of 0.237 nm, which
indicates that the top and bottom surfaces of the anatase sheets are (001) planes.

 
Figure 3. (a) TEM image of the of the anatase sheets; (b) high-resolution TEM image of the edge of a
single anatase sheet selected in the rectangle region in (a).

3.2. Formation Mechanism of the Coatings

The above results demonstrate that the different morphologies of the as-prepared
anatase coatings are strongly dependent on the NH4F concentration in the solvothermal
solution. After a 12 h solvothermal treatment, we can obtain a complete coating with a final
thickness of 750 nm (Figure 4). In order to reveal the underlying causes of the difference
in topographies, two samples were prepared by solvothermal treatment at 170 ◦C for 6 h
in solutions containing 0.1 M–NH4F and 0.2 M–NH4F, separately. This is because after a
shorter time of 6 h, some evolving information of the coating can emerge. In Figure 5, it
can be seen that both coatings present a layered characteristic, i.e., the anatase sheets or
their aggregates in the upper layer, and lots of blocks in the bottom layer. The nano-scale
thin sheets were parallel or cross-combined, and developed into the aggregates. On the
basis of the XRD results in Figure 2, we conclude that the blocks were also anatase crystals,
the same as the nano-thin sheets. However, there as an obvious difference in the surface
morphologies of the two samples. For the MgZn–0.2 F sample, the anatase blocks are bigger
in size and have more regular shapes, and the number of the sheet aggregates is less than
that of the MgZn–0.1 F sample.

 
Figure 4. Cross-section morphologies of anatase coatings grown at 170 ◦C for 12 h in solutions
containing: (a) 18 mL alcohol, 140 μL TBOT, 70 μL HF, 140 μL NH4F (0.1 M); (b) 18 mL alcohol,
140 μL TBOT, 70 μL HF, 140 μL NH4F (0.2 M).
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Figure 5. SEM morphologies of anatase coatings grown at 170 ◦C for 6 h in solutions containing: (a) 18 mL
alcohol, 140 μL TBOT, 70 μL HF, 140 μL NH4F (0.1 M); (b) 18 mL alcohol, 140 μL TBOT, 70 μL HF, 140 μL
NH4F (0.2 M).

From the cross-section morphologies in Figure 4, it is found that both the MgZn–0.1 F
and MgZn–0.2 F coatings have the same thickness of about 750 nm after a 12 h hydrothermal
reaction. However, the former coating has a rougher cross-section than the latter, and no
blocks can be found within the whole cross-section of the former coating. Hence, we infer
that the anatase blocks were almost entirely converted into anatase sheets from 6 h to 12 h
during the hydrothermal reaction. For the latter coating, some anatase blocks, less than
that of the same one prepared after a 6 h hydrothermal reaction, can still be seen in the
cross-section (see Figures 4b and 5b). It could be concluded that during the anatase coating
formation process, the anatase crystals were evolved from block-like to sheet-like, and the
conversion process was slower when the hydrothermal reaction was conducted in solution
with the higher NH4F concentration.

Generally, anatase crystals are dominated by the {101} planes, causing them to exhibit
the double-pyramidal appearance [27]. In Figure 5b, it can be seen that the anatase crystals
at the bottom have a pyramidal shape, which are consistent with other studies. In fact, in this
paper, NH4F has important effects on the crystal growth of anatase crystals. Firstly, adequate
fluorine ions (F−) were supplied by the hydrolysis of NH4F, and these fluorine ions can be
absorbed onto the surfaces of the anatase planes, markedly reducing the surface energy of the
{001} planes to a level lower than that of the {101} planes, making the {001} planes more stable
than the {101} planes [28]. So, the anatase crystal with exposed {001} planes can be achieved
during its growth process, which led to the plate-like appearance. Secondly, it is found
that the anatase crystals have a slower growth rate under a higher NH4F concentration.
In our previous research, it has been confirmed that the growth of anatase crystals would
slow down when the HF amount was increased, because low pH would suppress the
hydrolysis of TBOT [23]. However, in this current study the HF content is constant (70 μL)
for all the solvothermal treatment conditions. So, we think the slower growth rate of the
anatase crystals (or the formation of the anatase coating) may be attributed to the slight
adjustment of pH by the hydrolysis of NH4F. This is because the aqueous solution of NH4F
is weakly acidic.

3.3. Properties of the Coatings

The surface roughness and wettability of biomaterials have an important influence on
cell adhesion and growth [29]. Herein, atomic force microscopy (AFM) was used to measure
the roughness of the anatase coatings, as well as to observe their surface topographies
in detail. The AFM images of MgZn–0.1 F, MgZn–0.2 F, and MgZn–0.3 F are shown in
Figure 6a–c. The AFM micrographs agreed well with the SEM results in Figure 1, and
indicated a rougher surface for the MgZn–0.3 F sample with a roughness (Ra) of 90.1 nm.
On the other hand, both the MgZn–0.1 F and MgZn–0.2 F samples showed a smoother
surface with Ra values of 49.7 and 53.8 nm, respectively. The results showed that the
surface roughness of the coatings increased with the concentration of the NH4F. In addition,
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lower density of the anatase nanosheets were clearly observed in the surface of MgZn–
0.2 F and MgZn–0.3 F samples. Furthermore, the contact angle of the sample surface
with deionized water was tested to assess the surface wettability. The contact angles of
the MgZn substrate [14], MgZn–0.1 F, MgZn–0.2 F, and MgZn–0.3 F were 8.4◦, 13.02◦,
17.14◦, and 16.73◦, as shown in Figure 6d–f. The results indicated that the anatase-coated
samples were hydrophilic, and there was no significant difference in wettability between
the anatase-coated samples.

 

 

Figure 6. AFM micrographs and contact angles of the anatase coatings: (a,d) MgZn–0.1 F; (b,e) MgZn–
0.2 F; (c,f) MgZn–0.3 F.

Open-circuit potential (OCP) was used to monitor the chemical stability and estimate
the corrosion tendency of the samples. Figure 7 shows the OCP curves in SBF of the anatase-
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coated and uncoated samples. For the uncoated MgZn substrate, the open-circuit potential
increased continuously in the initial period, and then gradually decreased to a stable value
of −1.756 V during 20 min immersion. When the bare MgZn sample was immersed in the
SBF, a film of corrosion products began to grow on its surface and acted as a protective layer
to increase the potential. Then, the products damaged and broke away from the sample
surface to decrease the potential. The damage of the previous products and the formation
of the new products gradually reached a dynamic equilibrium. However, the OCP values
of all anatase-coated MgZn samples were decreased at the beginning of immersion, until
they reached a plateau stage. When the coated samples being immersed, the SBF would
progressively permeate the coatings, and the potential of the samples decreased. The
protection of the coatings delayed the corrosion process of the magnesium substrate, and
led to a higher corrosion potential than that of the bare MgZn sample.

Figure 7. Open-circuit potential (OCP) curves of: (a) MgZn–0.1 F; (b) MgZn–0.2 F; (c) MgZn–0.3 F;
(d) bare MgZn substrate.

It should be noted that the trend of the OCP curves was distinguishing between the
anatase-coated samples. For the MgZn–0.1 F sample, due to the better protection by a
compact coating, the OCP curve decreased more slowly than that of the MgZn–0.2 F and
MgZn–0.3 F samples. We believe that the low permeability of the dense coating caused by
the high densification of the anatase sheets is the major reason of the high level and the slow
decrease of the OCP curve. Therefore, based on the above results and discussion, it can be
inferred that the corrosion tendency of the samples is decreased with the densification of
the coatings, at similar hydrophilicity as shown in Figure 6.

Figure 8a reveals the platelets adhesion to the bare MgZn alloy. The MgZn alloy was
corroded by the plasma and the platelets were aggregated together on the surface of the
sample. For the anatase-coated sample, the surface was not corroded due to the protection
of the coating. A lower number of platelets were adhered on the surface of the MgZn–0.2 F
sample, and the agglomeration of the adhered platelets did not exist. However, some
platelets had been deformed and the parapodium had stretched out, which implied that
the fixed platelets were activated (see in Figure 8b). Thus, it is hard to decide whether or
not the coating has the effect of anti-thrombosis. At least the coatings exhibit the inhibition
of platelet aggregation.
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Figure 8. Morphology of adherent platelets on (a) MgZn substrate, (b) MgZn–0.2 F sample; and
adherent Ea.hy926 cells on (c) MgZn substrate, (d) MgZn–0.2 F sample.

A layer of endothelial cells has been considered as an anticoagulant surface. For
cardiovascular stents, if an endothelial cells layer forms quickly on the surface, the risk
of clot formation and restenosis in stents could be significantly reduced. As is known,
endothelialization can be influenced by the surface on which the endothelial cells attach.
Figure 8c,d shows the morphologies of Ea.hy926 cells cultured on the samples for 1 day. On
the bare MgZn surface, endothelial cells were not observed (see Figure 8c). However, for
the coated sample, it is seen that many Ea.hy926 cells attached on the surface, and spread in
a spindle shape, as presented in Figure 8d. The contact angles of the anatase-coated samples
were lower than 20◦ (see Figure 6), and thus the as-prepared coatings can be considered as
hydrophilic surfaces. Generally speaking, materials with a rough and hydrophilic surface
are more conducive to cell adhesion. Moreover, due to the fact that the corrosion resistance
of the MgZn substrate was improved greatly by the anatase coating, the coated sample was
more stable in the Dulbecco’s modified Eagle medium and more conducive to cell growth.
The results suggest that the anatase coatings with micro/nano-characteristic could enhance
the adhesion of endothelial cells and promote re-endothelialization, thus preventing the
formation of ISR.

4. Conclusions

The major conclusions of the present work are summarized as follows.

(1) The surface topography of anatase coating could be controlled in the micro- and
nanometer range by the solvothermal method. The anatase coatings were composed
of anatase sheets with a thickness of 10–20 nm, and the anatase nanosheets were ag-
glomerated with varying degrees of density. With the increase of NH4F concentration
in the solvothermal solution, the anatase nanosheets were more dispersed, and the
surface roughness (Ra) was increased from 49.7 to 90.1 nm. The contact angles of
MgZn–0.1 F, MgZn–0.2 F, and MgZn–0.3 F samples were 13.02◦, 17.14◦, and 16.73◦,
indicating good hydrophilicity of the anatase coatings.

(2) After being coated with the anatase coatings, the corrosion resistance of the bare MgZn
alloy substrate was improved. Additionally, the corrosion tendency was decreased
with the increasing agglomeration density of the anatase nanosheets in the coatings.
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(3) The bare MgZn alloys caused serious platelet aggregation, yet the anatase-coated
sample adsorbed a smaller number of platelets, and did not lead to the agglomeration
of the adhered platelets. After being coated with anatase, the samples can adsorb
endothelial cells on the surface, which maybe promote the re-endothelialization
of stents.
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Abstract: Recently, biofilm formation caused by bacterial adhesion and colonization has been
recognized as the major cause of failure in orthopedic and dental implant surgeries. In this study,
a customized micro-arc oxidation (MAO) treatment technique was developed to obtain desirable
antibacterial properties on Ti surfaces. The two-step MAO treatment was applied in the fabrication
of specimens with Ag and with/without Zn in their surface oxide layer. In order to simulate
practical usage, surface analyses and immersion tests were performed to evaluate the incorporation
of Ag and Zn into the resulting oxide layer and ion release behavior, respectively. Additionally,
the antibacterial properties of the specimens after long-term immersion in physiological saline
were evaluated using Gram-negative facultative anaerobic bacteria. The MAO-treated specimens
containing Ag and Zn exhibited excellent antibacterial properties against Escherichia coli, which
were sustained even after 6 months of immersion in physiological saline to simulate practical usage.
Moreover, the Ag ions released from the surface oxide indicate the antibacterial properties of the
specimen in the early stage, while the release of the corrosion products of Zn demonstrates its
antibacterial properties in the later stage.

Keywords: titanium; antibacterial property; micro-arc oxidation; Escherichia coli; silver; zinc

1. Introduction

Ti and its alloys are widely used in medical fields, such as orthopedics and dentistry,
due to their excellent mechanical properties and biocompatibility. In implant devices, Ti
has been associated with strong and accelerated adhesion between the implant surface
and surrounding bone, achieving a shorter healing period and immediate loading [1–4].
However, in recent years, the major cause of failure in orthopedic and dental implant
surgeries has been determined to be biofilm formation due to bacterial adhesion and
subsequent colonization on biomaterials [5–9]. Once a biofilm is formed and firmly
adhered to the implant, bacterial secretion plays a pestiferous role as a barrier against
the defense mechanisms of the host, resulting in difficulty eliminating pathogens during
biofilm formation from implanted devices. Further, in serious cases, the only way to
prevent subsequent infections and other undesirable biological reactions is to remove
contaminated devices from the patient.
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The easiest strategy to prevent biofilm formation on metallic devices is polishing,
as a rough surface promotes bacterial adhesion. In particular, the increase in surface
area and formation of pockets increases bacterial presence [10,11]. However, for dental
implants and orthodontic fixators in contact with bones, a rough surface is preferred to
ensure hard-tissue compatibility; thus, surface polishing is not the most effective approach
for this application. Another method to prevent biofilm formation is the application of
antibacterial agents. Antibacterial properties are required for the biofunction of implant
surfaces. Ag and Zn ions are known as reliable agents with superior antibacterial prop-
erties; thus, several studies have examined their effects against various bacteria [12–22].
Therefore, surface modification should enable the formation of a biofunctional layer that
supports Ag and Zn ions to overcome problems associated with biofilms on metallic
biomaterials.

Micro-arc oxidation (MAO) is a conventional wet-process surface treatment based
on electrochemical reactions [23–26]. Under high voltage, anodic oxidation with micro-
discharges on the specimen surface forms a connective, porous oxide layer with elements
incorporated from the electrolyte solution. For example, MAO using electrolytes compris-
ing Ca and P ions improves the hard-tissue compatibility of Ti due to the spontaneous
formation of calcium phosphate [27,28]. Therefore, MAO treatment can be utilized in in-
corporating the desired elements, which are dissolved in the electrolyte into the resulting
oxide layer.

In our previous study, we reported the effectivity of Ag and Zn in inhibiting the
proliferation of Escherichia coli (E. coli) and/or Staphylococcus aureus (S. aureus), respec-
tively [29–32]. The results showed the different inhibition mechanisms and efficacies
of the elements. Particularly, Ag exhibits a strong antibacterial effect during the initial
period, and Zn exhibits a heightened antibacterial effect over time. Furthermore, we
developed a two-step MAO treatment [33] that allows for the introduction of a high
concentration of Ag into the Ti surface. The two-step MAO treatment also enabled the
fabrication of a specimen containing both Ag and Zn in its surface oxide layer. After
immersion for one month, the MAO-treated surfaces containing Ag with/without Zn
maintained excellent antibacterial properties [33].

Implants, especially artificial joints, must exhibit a specific biofunction to ensure long-
term antimicrobial resistance. Implants with long-term antibacterial activity are strongly
desired to address the late-onset infection problems in artificial hip joints [34–36] that
occur approximately three to eight weeks after surgery. Therefore, an ideal biomaterial
surface should have an antibacterial activity that can prevent the initial stages of infection,
such as bacterial adhesion, and inhibit bacterial growth at later stages.

The above-mentioned two-step MAO treatment that we proposed previously [33]
has been demonstrated to be a promising tool for solving late-onset infection problems in
implanted devices. However, it was not possible to clearly distinguish whether the strong
antibacterial properties were derived from both Zn and Ag ions or from Ag ions alone.
Furthermore, it is unclear for how long the antimicrobial activity will be maintained after
a prolonged exposure of several months.

Therefore, the present study focused on incorporating antibacterial elements into
a Ti surface through MAO treatment to develop novel antibacterial implants without
harmful effects on osteogenic cells. Further, we analyzed the long-term behavior of Ag
with/without a Zn-incorporated surface oxide layer produced by the two-step MAO
treatment for preventing late-onset infections. Additionally, we investigated the time
transient effect of the surface composition, metal-ion release and antibacterial activity
of Ag and Zn. Changes in the antibacterial activity of the specimens before and after
immersion for 2, 3, and 6 months in physiological saline were evaluated by using the
standard method, with E. coli as the typical Gram-negative facultative anaerobic bacteria.
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2. Materials and Methods

2.1. Specimen Preparation

Ti disks with diameters of 25 mm were fabricated by mechanically cutting rods of
commercially pure grade 2 Ti. The surfaces of the disks were mechanically ground using
#150, #320, #600, and #800 grit SiC abrasive papers and subsequently ultrasonicated using
acetone and isopropanol. The disks were then kept in an auto-dry desiccator until further
use. The Ti disk was fixed onto a polytetrafluoroethylene holder with an O-ring. The
area in contact with the electrolyte was 398 mm2 (22.5 mm in diameter). The details of
the working electrode were adopted from a previous study [37]. A 304 stainless-steel
plate was used as the counter electrode. For the MAO treatment, the base composition
of the electrolyte was 100 mM calcium glycerophosphate and 150 mM calcium acetate.
Silver nitrate (AgNO3) and zinc chloride (ZnCl2) were added to the base electrolyte. After
pouring the electrolyte into the electrochemical cell, the electrodes were connected to a
direct current (DC) power supply (PL-650-0.1, Matsusada Precision Inc., Shiga, Japan),
and a positive voltage with a constant current density of 251 Am−2 was applied for 10
min. The majority of the Ti disk was MAO-treated with an annular untreated area of 0.5
mm from the edge.

The two-step MAO treatment was conducted as follows: MAO treatment was per-
formed in the first electrolyte until a voltage of 380 V was obtained, after which the current
application was discontinued and the first electrolyte was immediately replaced with the
second electrolyte. The current was reapplied with an upper limit of 400 V for a total
treatment time of 10 min. The specimen prepared using the base electrolyte without Ag
and Zn is referred to as “0AgZn.” The specimen prepared using the combination of the
first and second electrolytes containing i mM Zn (i = 0 or 2) and/or j mM Ag (j = 0–10),
respectively, is referred to as “iZn−jAg”.

2.2. Surface Characterization

Surface characterization was performed on the MAO-treated area of the specimens.
A scanning electron microscope with an energy dispersive X-ray spectrometer (SEM/EDS,
S-3400NX, Hitachi High-Tech Corp., Tokyo, Japan) was used to observe the surface
mor-phology and perform the elemental analysis of the specimens.

2.3. Metal Ion Release Evaluation

Metal ion release measurements were recorded for the entire specimen. Inductively
coupled plasma mass spectrometry (ICP-MS, ELEMENT XR, Thermo Fisher Scientific,
Tokyo, Japan) was used to investigate the amounts of released Ag and Zn ions. The
MAO-treated specimens in the electrolytes with/without Ag and Zn were incubated in
5 mL physiological saline (0.9% NaCl) under various treatment conditions. They were
sealed in a polyethylene container to allow for the release of Ag and Zn ions from the
surface of the specimen. Subsequently, they were maintained in a thermostatic chamber
at 37 ◦C with moderate shaking (80–100 rpm). Every seventh day, the pooled solution
was transferred into a fresh physiological saline. ICP-MS was used to measure the
concentrations of Ag and Zn ions in the tested solutions collected at immersion periods
of 2 months (53–60 days), 3 months (83–90 days), and 6 months (173–180 days). After
the metal ion release evaluations of the specimens immersed for various durations, the
specimens were used as aged specimens to compare their antibacterial properties with
those of the as-prepared specimens.

2.4. Evaluation of Antibacterial Properties

Antibacterial property tests were conducted in accordance with the domestic [38] and
international [39] standard methods JIS Z2801 [38] and ISO 22196:2007 [39], respectively.
The proliferation of the anaerobic Gram-negative bacteria E. coli (NBRC3972, NITE, Tokyo,
Japan) on the specimens was evaluated. E coli is frequently utilized as one of the most
standardized and convenient testing bacteria for evaluating the antibacterial properties of
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biomaterials, although it is absent in the oral cavity environment. A suspension medium
was prepared with the 500-fold dilution of the nutrient broth containing 3 gL−1 meat
extract, 10 gL−1 peptone, and 5 gL−1 sodium chloride. The pH of each suspension
medium was adjusted to 6.8 or 7.2 using sodium hydroxide or hydrochloric acid. The
bacteria were added to the suspension mediums to obtain 3.1 × 106 colony-forming units
(CFU) per mL. The bacterial suspension (0.1 mL) was then dropped onto a specimen, and
a cover film was immediately placed. The specimens and cover films were incubated at
35 ◦C for 24 h. Thereafter, they were washed using 9.9 mL sterile physiological saline.
The CFU of the living bacteria dispersed into the physiological saline was determined
using the culture medium sheet for E. coli (JNC Corp., Tokyo, Japan).

3. Results and Discussion

Figure 1 shows the typical surface morphology of the untreated and MAO-treated
as-prepared specimens observed using SEM. There are several interconnected pores on the
MAO-treated specimens. In addition, there is no obvious difference in the pore size and
number of pores among the specimens prepared under the various treatment conditions.
Figure 2 shows the typical surface morphology of the untreated and MAO-treated speci-
mens after immersion in physiological saline for 2 months. There are no changes in the
surface morphology before and after immersion, confirming the non-existent or negligible
dissolution of the porous oxide layer during immersion in physiological saline. Moreover,
there are no remarkable differences in the pore size and quantity of the specimens before
and after immersion.

Figure 1. Typical surface morphology of the as-prepared specimens: (a) untreated, (b) 0AgZn,
(c) 0AgZn−10Ag, and (d) 2Zn−10Ag.
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Figure 2. Typical surface morphology of the (a) untreated and MAO-treated (b) 0AgZn,
(c) 0AgZn−10Ag, and (d) 2Zn−10Ag specimens after immersion in physiological saline for 2
months.

EDS measurements were performed to evaluate the amounts of Ag (treatment condi-
tion is 0AgZn−xAg) and Ag and Zn (treatment condition is 2Zn−xAg) incorporated into
the oxide layers through the two-step MAO treatment. Regardless of the treatment condi-
tions, the chemical compositions of the layers were approximately constant at 28 wt.% Ti,
47 wt.% O, 1 wt.% C, 13 wt.% Ca, and 11 wt.% P (12 at.% Ti, 57 at.% O, 3 at.% C, 9 at.%
Ca, and 9 at.% P). Therefore, a surface titanium oxide layer containing relatively large
amounts of Ca and P is formed after MAO treatment.

The relationship between the AgNO3 concentration in the treatment electrolyte for
the two-step treatment and the amount of Ag incorporated into the resulting surface
oxide layer is shown in Figure 3a. For 0AgZn−xAg, the amount of Ag in the oxide layer
increased with an increase in the AgNO3 concentration in the second electrolyte. A similar
trend was observed for 2Zn−xAg, in which the amount of Ag incorporated into the oxide
layer increased with an increase in the AgNO3 concentration in the second electrolyte.
Therefore, regardless of the presence of Zn, the amount of Ag increased with an increase
in the Ag concentration in the electrolyte.

The two-step MAO treatment allowed for the use of solutions with high Ag content
that exceed the concentration limit for the single-step treatments (2.5–5 mM [29,33]). After
the formation of the precursor oxide layer in the first step of the MAO treatment, the
surface maintained a sufficiently high electrical resistance to maintain the MAO reaction.
Figure 3b shows the relationship between the AgNO3 concentration in the electrolyte
solution for the two-step treatment and the amount of Zn incorporated into the resulting
surface oxide layer. With the ZnCl2 concentration of the electrolyte fixed to 2 mM, there
was almost no difference in the amount of Zn incorporated into the surface oxide layer.
Meanwhile, the AgNO3 concentration in the second electrolyte had a minimal effect on
the amount of Zn incorporated into the surface oxide surface.
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Figure 3. Relationship between the AgNO3 concentration in the second electrolyte and the amount of (a) Ag and (b) Zn
incorporated into the resulting oxide layer.

Figure 4 shows the relationship between the AgNO3 concentration in the electrolyte
and the amount of Ag in the oxide layer after immersion in physiological saline for
2 months. Comparing the specimens before (Figure 3a) and after (Figure 4) immersion in
the saline solution, the amount of Ag in the oxide film decreased after immersion, espe-
cially in specimens with a higher Ag content. For 0AgZn−xAg, a relatively higher amount
of Ag was maintained in the surface oxide layer, even after 2 months of immersion, show-
ing a similar trend to that of 0AgZn−xAg before immersion. For the 2Zn−xAg specimens,
although Ag was detected in the surface oxide layer after 2 months of immersion, the
amount of residual Ag with respect to the Ag concentration in the electrolyte did not
exhibit a linearly increasing trend. Particularly, 2Zn−10Ag had a significantly lower Ag
content than that of 0AgZn−10Ag, which differed from the trend seen in 2Zn−xAg before
immersion. In addition, after 2 months of immersion the amount of Zn in the surface
oxide layer of all 2Zn−xAg specimens was under the detection limit of EDS. Moreover,
the specific X-ray energy peak derived from Zn might overlap with that derived from Na.
Nevertheless, it could be considered that the Zn incorporated into the oxide layer was
consumed to some extent during the immersion period in physiological saline. However,
it was suggested that the presence of Zn in the oxide layer affects the release of the Ag
ions from the surface oxide during immersion in physiological saline.

Figure 4. Relationship between the AgNO3 concentration in the second electrolyte and the amount
of Ag incorporated into the resulting oxide layer after 2 months of immersion in physiological
saline. (*: Statistically significant difference, p < 0.05).
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In order to elucidate the metal ion release behavior, long-term immersion tests
were performed under specific specimen conditions following the same method as that
described above. The amount of Ag ions released from the oxide layer into physiological
saline, as determined by ICP-MS, is shown in Figure 5. The highest amount of Ag ions
was released within the first 2 months of the measurement period, and the amount
gradually decreased thereafter. Both 0AgZn−10Ag and 2Zn−10Ag demonstrated the
suppressed release of Ag ions during the immersion period. After 2 months of immersion,
the amount of Ag ions released from 2Zn−10Ag was slightly less than that released from
0AgZn−10Ag. After 3 and 6 months of immersion, both specimens exhibited the same
amount of Ag ion release. In our previous study [33], the highest amount of released Ag
ions was noted in the surface oxide layer of MAO-treated Ti containing Ag during the
first week of immersion in physiological saline, and the amount gradually decreased after
immersion for one month. The results of the present study are consistent with this trend,
indicating that the release of Ag ions degrades after a long period of usage.

Figure 5. Amount of (a) Ag ions and (b) Zn ions released from the oxide layer into physiological saline. (N.D.: Not detected,
**: Statistically significant difference, p < 0.05).

In our previous study [31,33], Zn ion release from specimens incorporated with
Zn using MAO treatment could not be detected with ICP atomic emission spectroscopy.
Therefore, ICP-MS, which has a 100–1000 times higher detection sensitivity, was employed
to detect the trace amounts of released Zn; however, the volume of Zn ions released from
the oxide layer was still below the detection limit for all tested specimens. This can be
attributed to the strong adsorption of Zn ions followed by the formation of Zn products
and complexes on the surface [31]. The Zn ions released from the oxidized layer were
immediately consumed for the reaction that formed the Zn species; thus, only minimal
amounts of Zn were released into the solution.

Antibacterial tests were performed to investigate the antibacterial effects of the Zn
products that gradually formed on the specimen’s surface after its long-term immersion
in a simulated body fluid. Figure 6 shows the change in the antibacterial properties of the
MAO-treated and untreated Ti specimens against E. coli. After 24 h of culturing, almost
all bacteria survived on the surface of the reference specimens that lacked antibacterial
agents (i.e., untreated Ti and 0AgZn). In contrast, 0AgZn−10Ag and 2Zn−10Ag exhibited
strong antibacterial properties, as indicated by the complete absence of E. coli after 24 h of
culturing. Further, this antimicrobial effect was maintained after specimens underwent
2 months of aging treatment by immersion in physiological saline solution. This superior
antibacterial properties of the as-prepared fresh specimens against E. coli can be mainly
attributed to the release of Ag ions, as shown in Figure 5a. In the case of 0AgZn−10Ag, the
amount of Ag ions released continued to decrease during the immersion in physiological
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saline, in which it decreased by a factor of approximately 3 after 3 months and a factor of
approximately 40 after 6 months. Therefore, in practical usage, the antibacterial properties
of MAO-treated specimens are expected to weaken because of the decreasing Ag ion
release that occurs during long-term implantation.

Figure 6. Changes in the antibacterial properties of the specimens against E. coli before and after
immersion in physiological saline. (N.D.: Not detected).

As expected, antibacterial properties decreased as the immersion period increased
from 2 to 6 months. This can be attributed to the depletion of the incorporated Ag
ions and/or the formation of insoluble salts, such as AgCl, which covered the surface
because the amount of leached Ag ions decreased with the increasing immersion time. For
2Zn−10Ag, the antibacterial effect decreased after 3 months of immersion and increased
again after 6 months of immersion, which differs from ICP-MS measurement results,
wherein the amount of released Ag ions decreased with the increasing immersion time.
This suggests that the Zn products on the specimen surface gradually formed and matured
during the immersion period [31]. Therefore, the prolonged antibacterial efficacy of the
specimens could be attributed to the presence of Zn. The re-emergence of the antibacterial
properties of 2Zn−10Ag after 6 months of aging corresponds with the delayed effect
noted in the single-step MAO treatment proposed in our previous study [29,31], in which
complex Zn products were detected by X-ray photoelectron spectroscopy (XPS).Therefore,
the two-step MAO treatment that introduced Ag and Zn into the Ti surface enabled two
independent antibacterial effects: an initial antibacterial property due to the release of Ag
ions and a delayed antibacterial property due to the formation of Zn products. Moreover,
the excellent antibacterial properties of the MAO-treated Ti surface were maintained after
6 months of practical usage.

Finally, the limitations of this study must be mentioned. Under the set experimental
conditions, Zn could not be directly detected by EDS after immersion in physiological
saline. Moreover, under most conditions, the trace amounts of Zn ions released during
the immersion were almost undetectable even with high-resolution ICP-MS measurement.
As a subject for future research, Zn can be detected by examining the chemical surface
state of the specimen surface through XPS. In addition, we plan to optimize treatment
conditions, such as the amount of incorporated Ag and Zn, because excess Ag ion release
has a cytotoxic effect on osteogenic cells [40–45]. Realizing both antibacterial properties
and hard-tissue compatibility is the ideal outcome of this study [29]. Another limitation
of the present study is the lack of results on the effectiveness of the proposed method
against various bacterial species. Although E. coli is used in standard tests, the effect
of Ag and Zn on other bacteria remains unknown, even with the broad antibacterial
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spectrum of Ag [13–15,46–49]. Particularly, Gram-positive facultative anaerobic bacteria,
such as S. aureus, and primal bacteria play important roles in biofilm formation in practical
environments; thus, they should be investigated in more detail.

4. Conclusions

Ag and Zn were successfully incorporated onto Ti surfaces using the proposed two-
step MAO treatment. The excellent antibacterial properties of the resulting surfaces were
sustained even after 6 months of immersion in physiological saline, which simulated the
behavior of the specimens in an implanted environment. During the 6-month immersion
of the specimens, the release of Ag ions from the surface oxide demonstrates the antibac-
terial properties of the specimens in the early stage, while the formation of Zn products
demonstrates the antibacterial properties of the specimens in the later stage. In the future,
the treatment conditions for incorporating Ag and Zn should be investigated to realize
the desirable long-term bactericidal properties of surfaces after implant surgery.
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Abstract: Silicate (13-93) and borate (13-93-B3) bioactive glass coatings were successfully deposited
on titanium using the nanosecond Pulsed Laser Deposition technique. The coatings’ microstructural
characteristics, compositions and morphologies were examined by a number of physico-chemical
techniques. The deposited coatings retain the same functional groups of the targets, are a few
microns thick, amorphous, compact and crack free. Their surface is characterized by the presence
of micrometric and nanometric particles. The surface topography, investigated by Atomic Force
Microscopy, is characterized by spherical or ellipsoidal particles of the 0.2–3 μm size range for the
13-93 silicate bioactive glass film and of the 0.1–1 μm range for the 13-93-B3 borate bioactive glass
coating. Equine adipose tissue-derived mesenchymal stem cells (ADMSCs) were applied for biological
tests and the osteogenic differentiation activity of cells on the deposited coatings was studied after
ADMSCs growth in osteogenic medium and staining with Alizarin Red. Cytocompatibility and
osteogenic differentiation tests have shown that thin films retain the biocompatibility properties of
the target silicate and borate glass, respectively. On the other hand, no antibacterial activity of the
borate glass films was observed, suggesting that ion doping is advisable to inhibit bacterial growth
on the surface of borate glass thin films.

Keywords: borate bioactive glass coatings; silicate bioactive glass coatings; nanosecond pulsed laser
deposition; equine adipose tissue-derived stem cells; cytocompatibility; antibacterial activity

1. Introduction

Biomedical researchers are increasingly paying attention to the development and application
of bioactive materials. In particular, in the field of prosthetic dentistry, maxillofacial surgery and
orthopaedics, bioactive glasses and ceramics are increasingly chosen with respect to bioinert materials.
In the 1960s, the first generation of biomaterials was selected for biomedical use due to their
suitable physico-chemical characteristics and inertness in biological environments [1]. From the

Coatings 2020, 10, 1105; doi:10.3390/coatings10111105 www.mdpi.com/journal/coatings

53



Coatings 2020, 10, 1105

1980s, bioactive materials with a controlled interaction with the biological surroundings were preferred
for clinical use [1,2]. Nowadays, bioactive materials belonging to the third generation are being
developed with the aim to induce a desired therapeutic effect [1].

Among bioinert materials, titanium (Ti) is still widely used to manufacture hard-tissue implants,
especially for load-bearing application (hip, knee and dental prosthesis), due to its optimal mechanical
characteristics. It has been employed for orthopedic implants since the 1960s, when Brånemark and
his co-workers [3] discovered a titanium cage strongly integrated in a rabbit bone a few months after
its implantation. However, it is not osteogenic; therefore, the osteointegration takes place over a longer
time, during which the eventual occurrence of shift movements between the implant and the host
bone could lead to the formation of a fibrous capsule around the implant surface and its consequent
failure may occur. In order to increase the chances of successful bone-related implant procedures,
the modification of the Ti surface by coating it with a bioactive material is advisable [4–9]. In this way
the optimal bulk mechanical properties are preserved, and the implant surface is more suitable to
provide a better osteointegration.

After Hench’s discovery of the 45S5 Bioglass® in 1971 [10], significant progress was made in
bioactive glass composition, which aimed to design biomaterials possessing specific properties for bone
reconstruction. The goal was to obtain materials whose components, dissolved in the extracellular
matrix, are able to stimulate specific biological responses, influencing gene expression, osteogenic
differentiation and cellular proliferation. In addition, the risk of infection incurrence after a surgery
is always high and more probable in the case of implantation [11]. A way to prevent microbial
colonization and the consequent implant failure is to impart antimicrobial properties to biomaterials.

Moreover, in order to overcome problems related to phase separation [10,12,13] and devitrification
during heat treatment of early silicate glasses, other ions were added to their composition. In particular,
the addition of components such as potassium, magnesium, and boron improved glass processability,
making it easier to produce glass without crystallization and to use it in the form of coating, fibers,
scaffolds, etc. [13]. For this purpose, Brink and co-workers carried out a systematic study on the in vivo
bone-bonding behavior of several glass compositions [13,14]. Among these, the glass registered as
13-93 (Na2O–K2O–MgO–CaO–P2O5–SiO2) had bioactive properties and was approved by the Food
and Drug Administration in the USA and Europe for in vivo use. However, similarly to 45S5, the 13-93
bioactive glass is characterized by a slow and incomplete conversion into hydroxyapatite (HA) once in
contact with the body fluids. For this reason, silicate was substituted by different percentages of borate,
observing a faster and a more complete transformation into HA in the absence of silica [15–19]. This is
because when borate glass is placed in the biological environment, there is no formation of a silica-rich
layer, typical of the interaction process of the silicate glasses. Therefore, the reaction rate is limited by
the dissolution of ions in biological surroundings [15–18,20,21].

Furthermore, boron has a number of key functions inside the biological environment, especially in
bone metabolism, thanks to its interaction with calcium, magnesium and vitamin D, and, therefore, its
presence is even more crucial for bone preservation and osteoporosis limitation [22,23]. Some studies
evidenced that boron influences osteogenic differentiation of mesenchymal stem cells [24,25], being also
angiogenic [26]. Many studies report that ion doping enhances the antibacterial properties of borate
based bioglass [27–30]. On the other hand, Fu and collaborators [31] observed no beneficial effect on
cell proliferation during in vitro testing, supposing an overly fast boron release in culture medium,
while no toxic effects were found during in vivo testing due to the more dynamic microenvironment of
the organism, which allows a rapid metabolization of boron. All these advantages make borate glasses
a valuable alternative to conventional silicate bioactive glasses.

The potential of bioactive glass to be used as coating materials for metallic or alloy implants is
related to the possibility of obtaining coating films that are dense, without cracks and well adherent to
the substrate. Many of the coatings’ techniques require high temperature treatment in order to allow
the glass to react with the substrate surface [32–34]. In this contest, borate glasses are advantageous
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with respect to silicate ones since boron oxide reduces the coefficient of thermal expansion of glass,
better matching the coefficient of thermal expansion of metal substrate [29].

Among several deposition techniques, pulsed laser deposition is a promising route to obtain
thin films for biomedical applications. The use of pulsed laser deposition (PLD) has in fact several
advantages: coatings usually retain the bulk target composition, strongly adhere to the substrate
surface, their thickness and crystallinity can be controlled by monitoring deposition parameters and
their morphologies are typically characterized by nanometric and micrometric features [4,6,8,35],
which support the osteointegration process [8,36,37]. Moreover, no heating treatment is required to
deposit amorphous films.

Recently, several bioactive glasses [9,38–40] have been successfully deposited by PLD. Ma et al. [38]
obtained, by PLD, Magnesium-containing bioactive glass coatings on Ti–6Al–4V that demonstrated
higher corrosion resistance with respect to the uncoated substrates and film bioactivity by in vitro assay.
Sanz et al. [39] deposited Niobium-containing bioactive glass on Ti substrate by nanosecond PLD,
obtaining typical compact and granular films, which preserved target stoichiometry and improved
cell adhesion in comparison with non-coated Ti. Rau et al. [6] coated Ti substrate with Cu-releasing
bioactive glasses by nanosecond-PLD, showing their good wettability, bioactivity and antibacterial
properties upon in vitro assay. Shaikh et al. [40] laser deposited 45S5 glass on Ti-alloy surface,
testing films’biocompatibility on U2OS human osteosarcoma cells. Wang et al. [41,42] obtained
composite hydroxyapatite/bioglass films by depositing, with a pulsed laser, on Ti–6Al–4V titanium
alloy and demonstrated their osteoconductivity after implantation in shin bone of a rabbit.

In the present work, for the first time, borate-based (13-93-B3) and silicate-based (13-93)
bioactive glasses (BGs) were deposited on titanium surface by nanosecond PLD at room temperature.
The amorphous deposited films are compact and without cracks. Their surface presents nanometric and
micrometric features that make films suitable for interaction with the biological medium. The coatings’
biological properties were tested on equine adipose tissue-derived mesenchymal stem cells (ADMSCs)
and microbiological tests were carried out, showing that borate-based glasses can be used as alternative
materials to silicate glasses for the coating of titanium implants.

2. Materials and Methods

Silicate (13-93) and borate glasses (13-93-B3) were used as target materials for the pulsed laser
deposition procedure.

2.1. Glasses Preparation

Silicate 13-93 (5.5 Na2O, 11.1 K2O, 4.6 MgO, 18.5 CaO, 3.7 P2O5, 56.6 SiO2, all in wt.%) and
borate 13-93-B3 (5.5 Na2O, 11.1 K2O, 4.6 MgO, 18.5 CaO, 3.7 P2O5, 56.6 B2O3, all in wt.%) glasses were
prepared by a melt-quenching method, reported in [18]. Briefly, the synthesis was carried out in a
platinum crucible using all analytical grade reagents (Na2CO3, K2CO3, MgO, CaCO3, CaHPO4·2H2O,
H3BO3) from Sigma-Aldrich (Steinheim, Germany), while the silicate source was a Belgian quartz
sand (obtained from Åbo Akademi, Finland). The mixtures were heated for 2 h at 1050 ◦C and
for 3 h at 1360 ◦C to obtain 13-93-B3 and 13-93 glasses, respectively. Afterwards, the melts were
cast, annealed and crushed. The melting process was repeated twice. Bioactive glass blocks were
crushed using a jaw crusher and milled using a planetary mill (both made of zirconia, Retsch, Haan,
Germany). The obtained bioactive glass powders (0.3 g per pellet, with a mean particle size of
5–20 μm) were pressed into pellets (diameter of 10 and 3 mm height) using a hydraulic press (PE-010,
MautheMaschinenbau, Wesel, Germany) with a load of 1t. The pressed pellets were then sintered at
1050 ◦C for 2 h with a heating rate of 2 ◦C per min.

Prior to depositions, the target materials were characterized by X-ray diffraction (XRD), by means
of a D5000 (Siemens AG, Munich, Germany) in a θ–2θ configuration, and by Fiurier-transform infrared
(FT-IR) spectroscopy, with a JASCO 460 Plus (Tokyo, Japan).
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2.2. Pulsed Laser Deposition

The 13-93 and 13-93-B3 bioactive glass films were deposited on Si (100) and Ti 1 cm × 1 cm (both
from Goodfellows, Huntingdon, UK) substrates. Ti substrates were preliminarily sandblasted and
polished with a HNO3/H2SO4 solution (aqua regia). Film depositions were performed in a stainless
steel vacuum chamber equipped with a rotating target holder, at a pressure of 10−4 Pa. The Nd:YAG
laser (Handy YAG, Quanta System, Samarate, Italy) with the following characteristics was used: λ = 532
nm, pulse duration = 7 ns, repetition rate = 10 Hz. It was directed on the target by quartz lens (45◦, 350
mm focal plane). In each deposition, the target-substrate distance was kept at 2 cm, the deposition
time was 5 h and the laser fluence was 12 J/cm2; such experimental conditions were optimized in our
previous work [4].

2.3. Characterization

The composition of the films deposited onto Si substrates was characterized by FT-IR (JASCO 460
Plus), in transmittance mode in the range of 4000–400 cm−1, by collecting 100 scans with a resolution
of 4 cm−1. This analysis was carried out on the films deposited onto Si (100) substrates since silicon
shows very weak absorption in medium IR range. The crystalline or amorphous character of the
films were investigated by XRD (D5000). The morphology was characterized by scanning electron
microscopy (SEM) (PHILIPS-FEI XL30, North Billerica, MA, USA), while the roughness was evaluated
by atomic force microscopy (AFM). AFM measurements were carried out by a Bruker Dimension Icon
system (Billerica, MA, USA), equipped with a Nanoscope V controller (Bruker Corporation, Billerica,
MA, USA). AFM micrographs were acquired in tapping mode, by using n-doped Si probes (Bruker
RTESP300, Billerica, MA, USA) with a resonant frequency of roughly 300 kHz, at a scan rate between
0.3 and 1 Hz. Scanned areas ranged from 1 μm × 1 μm to 10 μm × 10 μm. At least three different
regions were scanned for each sample. The roughness coefficients are presented as average values.

2.4. Biological Test

2.4.1. Equine Adipose Tissue-Derived Mesenchymal Stem Cell (ADMSC): Isolation and Culture

Adipose tissue was collected from a 2 year-old male horse. It was stored at 4 ◦C in a sterile
container with phosphate buffer saline (PBS, from Sigma-Aldrich, Irvine, UK), supplemented with
5% v/v penicillin-streptomycin. After a quick transportation in laboratory, it was washed three times
with PBS in order to remove red blood cells, dissected in small pieces and digested at 37 ◦C for 60 min
with 0.1% collagenase Type IA (Sigma-Aldrich, Saint Louis, MO, USA). After that, cell suspension was
centrifuged at 800 rpm for 10 min. The obtained pellet was re-suspended in the Dulbecco’s Modified
Eagle’s Medium (DMEM) with 10% (v/v) fetal bovine serum (FBS, Gibco, Paisley, UK) and cultured in
polystyrene flasks for cell cultures (Falcon, Durham, NC, USA). For this purpose, an incubator kept
at 37 ◦C with a humidified atmosphere containing 5% of CO2 was used. After 24 h culture medium,
cellular debris were removed by washing with PBS. Culture medium (DMEM with 10% FBS) was
added and then changed every two days until a cell confluence of 80% was reached. Subsequently,
ADMSCs were trypsinized (with trypsin from Sigma-Aldrich, London, UK) and re-suspended in fresh
culture medium.

2.4.2. Cell Viability

In order to investigate the effect of the 13-93 and 13-93-B3 coated Ti on the viability of the
ADMSC cells, the 3-[4,5-dimethylthiazole-2-yl]-2,5-diphenyltetrazolium bromide (MTT) assay was
performed. The MTT assay is a colorimetric test used to evaluate the cellular metabolic activity.
It is based on the enzymatic reduction of MTT to water insoluble formazan blue salts, determinable
spectrophotometrically. This reaction can occur only in viable cells due to the presence of mitochondrial
succinate dehydrogenase (SDH).
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ADMSCs with a concentration of 50,000 cells/mL in culture medium (DMEM with 10% FBS)
were distributed in 24-well plate and incubated for 24 h at 37 ◦C. After that, the 13-93 and 13-93-B3
coated Ti samples were introduced and incubated under the same conditions. Before cell culture,
the samples were washed with distilled water and sterilized in autoclave (121 ◦C, 20 min, pressure of
1.1 bar). The MTT assay was carried out after 24 and 48 h of incubation, when culture medium was
substituted by the MTT solution (Sigma-Aldrich, London, UK) 0.5 mg/mL in the DMEM. After an
incubation time of 3 h under cell culture conditions, the MTT solution was substituted with isopropanol
(Sigma-Aldrich) and left for 30 min at room temperature, in order to dissolve formazan crystals,
detected by measuring the optical density (OD) at 600 nm with a BioPhotometer (Eppendorf, Hamburg,
Germany). All experiments were made in triplicate.

2.4.3. Osteogenic Differentiation

ADMSCs (50,000 cells/mL) were seeded in a 12-well plate (Falcon) and incubated under cell culture
conditions (37 ◦C, 5% CO2). After 24 h, the 13-93 and 13-93-B3 coated Ti and control samples without
coatings were added, and the osteogenic differentiation was induced by changing the culture medium
with an osteogenic one, composed of ascorbic acid 50 μg/mL (Sigma-Aldrich), β-glycerophosphate
10 mM (Sigma-Aldrich) and dexamethasone 10-7M (Sigma-Aldrich) in the DMEM plus 10% FBS,
and incubated under cell culture conditions for three weeks, changing the culture medium every two
days. ADMSCs in DMEM plus 10% FBS with and without osteogenic medium were positive and
negative controls, respectively.

The osteogenic differentiation was evaluated by staining with Alizarin Red S (Sigma-Aldrich),
which allows the detection of calcified extracellular matrix deposits, forming bright-red complexes
with calcium. The images were taken by the means of an inverted optical microscope (Nikon, Eclipse
TE 2000U, Tokyo, Japan).

2.4.4. Antibacterial Studies

The antibacterial activity was evaluated against Enterococcus faecalis (E. faecalis), Escherichia coli
(E. coli), Pseudomonas aeruginosa (P. aeruginosa) and Staphylococcus aureus (S. aureus). All the bacteria
strains were grown in Brain Heart Infusion (BHI, DIFCO, Sparks, NV, USA) in the presence of the
sterilized 13-93 and 13-93-B3 coated Ti for 24 h at 37 ◦C. Bacterial growth was evaluated by measuring
the optical density (OD600 nm) by means of a BioPhotometer (EppendorfD30, Hamburg, Germany).
Samples with OD values over the measurement range were appropriately diluted. All experiments
were made in triplicate.

2.5. Statistical Analysis

All the experiments were carried out in triplicate and the results are expressed as mean ± standard
deviation (SD). Statistical analysis was performed using the Origin Pro 9.0 software (Originlab
Corporation, Northampton, MA, USA) and one-way ANOVA (Analysis of Variance) was applied,
followed by a post hoc Tukey test. Values of p < 0.05 were considered statistically significant,
indicated by an asterisk (*).

3. Results and Discussion

3.1. Physico-Chemical Characterization

Based on the results obtained by the FT-IR analysis of films deposited on the Si substrates, it is
possible to conclude that the deposited coatings maintain the spectral figures of targets (Figure 1).
The main absorption band of the 13-93 silicate glass target and film (Figure 1a) in the 1100–900 cm−1

range is related to the Si–O–Si stretching mode. In particular, in the target it is possible to distinguish
between the stretching mode Si–O–(with non-bridging oxygen), around 930 cm−1, and the symmetric
stretching mode of Si–O–Si, around 1020 cm−1. Signals related to the bending and the asymmetric
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stretching of Si–O–Si are also visible in the target and film spectra at 470 and 760 cm−1, respectively.
In the FT-IR spectra of both the target and of the film (Figure 1b) of the 13-93-B3 borate glass, the bending
vibration of borates is observable at 715 cm−1, whereas the bands centered at 1000 and 1400 cm−1

are related to the B–O stretching mode of BO4 units (tetrahedral coordinated) and BO3 (trigonal
coordinated) units, respectively. The presence of different structural units is due to the ability of boron
to transform its coordination number with oxygen in a borate glass network due to the presence of
metal oxides, as in this case, that promotes the change from 3-fold to 4-fold coordination [43].

 
Figure 1. FT-IR spectra of target materials (black lines) and deposited films (red lines) of (a) 13-93 and
(b) 13-93-B3 BGs.

It can be observed from the broad XRD patterns without any detectable peaks shown in Figure 2
that both of the target materials are amorphous with no measurable amount of crystalline phase [18].
The 13-93 glass spectrum presents a broad peak in the 25◦–30◦ region that is typical for silicate glass [18].
In the 13-93-B3 spectrum, a broad peak appears, centered at about 45◦, that can be related to the borate
content of the glass. To obtain crystalline films, nanosecond PLD deposition is usually performed by
the heating of the substrate or by using a buffer gas [41,44,45], so we can expect that also the deposited
films are amorphous. We deposited the films at room temperature since it was demonstrated that
amorphous materials show superior solubility in biological or simulated biological fluid media and
are characterized by an increased bioactivity with respect to crystalline materials [8,9,29,46].

 
Figure 2. XRD patterns of 13-93 and 13-93-B3 BG targets material and deposited films.
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The morphologies, registered by SEM (Figure 3), of films obtained by depositing silicate or borate
targets are very similar.The films are uniform, dense, compact and without cracks. Micrometric
particles homogeneously spread all over the surface and nanometric particles embedded in the dense
background (Figure 3b,d) can be observed. Elongated and top flat microparticles are present on the
surface of both films. The observed morphology is typical for ceramic films deposited by nanosecond
PLD [4,6,8,35,39], where two different mechanisms of film growth are present: gas condensation and
nano and micrometric droplets’ coalescence. Gas condensation leads to the formation of the dense
background covered by micrometric fused particles. Film surfaces, characterized by nanometric and
micrometric features, may contribute to the implant’s osteointegration [36,37].

 
Figure 3. SEM images of (a,b) 13-93 and (c,d) 13-93-B3 BG coated Ti, registered at two
different magnifications.

When a biomaterial is introduced into a living organism, the biochemical process responsible for
osteointegration starts with the ion dissolution. During all the steps that lead to the formation of the
apatite layer on the top of the implant, dynamic absorption and desorption of proteins and other moieties
(e.g., sugars, phospholipids, amino acids) occur until equilibrium is reached. However, only certain
proteins are able to bind selectively and irreversibly to the implant surface and this is influenced by
ions released by bioactive glass, surface morphology, particle size and roughness, as well as protein
composition and concentration. For this purpose, the presence of nanometric features on the implant
surface may promote the adhesion of proteins involved in the regulation of osteoblast proliferation [36].
At the same time, microscale features stimulate the adhesion and differentiation of the same cells [47].
Therefore, glass-ceramics, with nanoscale crystal sizes and micro-/nanostructured surface topography,
show superior bioactivity and promote adhesion, proliferation, osteogenic differentiation of stem cells
and osteoblasts and, subsequently, stimulate bone growth [36,37].

Several studies have shown evidence of a strong correlation between substrates’ surface
morphology and cell adhesion [48], suggesting an enhancement of osteoblasts’ adhesion for increasing
surface roughness [49]. Therefore, AFM was employed to acquire information on the nanoscale features
of the produced bioactive glasses. Figure 4a,b shows two typical 10 μm × 10 μm 3D height maps of
the 13-93 and 13-93-B3 coated Ti, respectively, highlighting marked differences on nanoscale surface
features. In particular, while the 13-93 silicate glass film is characterized by spherical or ellipsoidal
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particles of size ranging between 0.2 and 3 μm, the 13-93-B3 borate glass coating shows a lower
density of deposited particles, with sizes in the 0.1–1 μm range. The surface roughness evaluated from
10 μm × 10 μm AFM images and expressed as RMS values (Rq) has values of 186 ± 16 and 52 ± 11
nm for the silicate and borate glasses, respectively. However, these results are strongly affected by
the Ti substrates’morphology. In order to highlight the nanometric roughness of the deposited films,
1 μm × 1 μm images were acquired (Figure 4c,d), resulting in very similar average Rq values for silicate
and borate glass coatings (35 ± 12 and 44 ± 18 nm, respectively).

 
Figure 4. AFM images of (a,c) 13-93 and (b,d) 13-93-B3 BG coated Ti.

3.2. Biological Properties

ADMSCs were employed for the in vitro evaluation of cytotoxicity and osteogenic properties of
the 13-93 and 13-93-B3 BG coated Ti. Adult adipose tissue of different species has a great potential as
source of multipotent cells that are able to differentiate in different lineages [50]. The main advantage
of choosing ADMSCs is their abundance and the easy and minimally invasive way to collect them by
liposuction, making ADMSCs of great interest in the cell therapy field.

In order to study the cytotoxicity effect of the 13-93 and 13-93-B3 BG coated Ti samples, the MTT
assay was performed. ADMSCs were incubated with and without (control sample) the two bioactive
glass coatings and then treated with the MTT. The consequent formation of blue formazan crystals
is possible only in the cells with metabolic activity. Therefore, the determination by the OD600 nm of
formazan is related to the percentage of living cells. The measurements were executed in triplicate
after 24 and 48 h of incubation time. The calculated averages are reported in Figure 5. It is possible to
assert that both samples are not cytotoxic since no significant differences are noticeable between the
samples incubated with 13-93 and 13-93-B3 BG coated Ti and the control sample both at 24 and 48 h of
incubation time.

In Figure 6, it is possible to observe the extracellular calcium deposition detected by Alizarin Red
stain in ADMSCs, a clear demonstration of the osteogenic differentiation, except for the negative control.
No significant differences were detected for the 13-93 and 13-93-B3 coatings, while the percentage of
red portion in Figure 6a,b and Figure 6c,d seems to be slightly more than in the positive control sample
(Figure 6e,f).
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Figure 5. MTT results of 13-93 and 13-93-B3 BG coated Ti after 24 and 48 h of in vitro ADMSC culture,
reported as optical density measured at 600 nm, expressed as mean values ± standard deviation of 3
independent experiments. Statistical analysis was performed through ANOVA, followed by post hoc
Tukey test.

 
Figure 6. Optical microscopic images taken after staining with Alizarin Red S of ADMSCs cultured in
the presence of (a,b) 13-93 BG coated Ti, (c,d) 13-93-B3 BG coated Ti in osteogenic medium, (e,f) positive
control and (g,h) negative control (ADMSCs cultured with or without osteogenic medium, respectively)
for three weeks. The magnification is 20× (on the left) and 40× (on the right).
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The effect of the 13-93 and 13-93-B3 BG coated Ti on various microorganisms (E. faecalis, E. coli,
P. aeruginosa, S. aureus) was evaluated after incubation at 37 ◦C for 24 h. The results of the OD600 nm

measured with a BioPhotometer are shown in Figure 7, where the OD values are properly multiplied for
the dilution factor. It is possible to note that even if borate glasses should have antibacterial properties,
as follows from the literature [28–30], all microbiology tests show a rather high proliferation of all
the four tested bacteria strains, comparative or higher than the control sample. In particular, for the
Gram+ bacteria E. faecalis no significant differences can be noted with respect to the control sample;
whereas slight differences can be observed for the Gram+ S. aureus. For the Gram− bacteria (E. coli and
P. aeruginosa), their growth is favored by the presence of both the deposited coatings. No antibacterial
effects can be expected for silicate glass films and, probably, the absence of these properties also for
borate glass films can be imputed to the amount of boron released by the coatings, which could be
too low to inhibit bacterial growth. Therefore, if the aim is to deposit thin bioactive films that also
present antimicrobial effects, the addition of specific ions in the glass composition, such as Ag, Zn or
Cu, is advisable [9,28,30,51].

 
Figure 7. Antibacterial test carried out on 13-93 and 13-93-B3 BG coated Ti compared with the control
sample, reported as optical density measured at 600 nm (obtained values are multiplied by the dilution
factor), expressed as mean values ± standard deviation of 3 independent experiments. Statistical
analysis was performed through ANOVA, followed by post hoc Tukey test (* p < 0.05).

4. Conclusions

Silicate (13-93) and borate (13-93-B3) bioactive glasses were successfully deposited on Ti
substrate by ns-Pulsed Laser Deposition. The deposited films, characterized by SEM, AFM and
XRD techniques, exhibit similar features: they are a few microns thick, amorphous, compact and crack
free, and their morphologies are characterized by the presence of micrometric and nanometric particles.
The cytocompatibility of coatings of both glass compositions was demonstrated by the MTT test and
their osteogenic differentiation activity was studied after ADMSCs’ growth in osteogenic medium
and staining with Alizarin Red. Although it was reported that bulk 13-93-B3 can inhibit bacterial
growth [28–30], no antibacterial effect of borate (13-93-B3) glass coatings on Ti was detected against the
tested bacteria strains E. faecalis, E. coli, P. aeruginosa and S. aureus.

The results prove the potential use of the PLD technique to deposit dense, compact and crack-free
silicate and borate coatings that retain the biological activity of the bulk materials. Further studies will
be focused on the addition of other ions to the glass composition for imparting antibacterial properties
to the implant coatings.
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Abstract: Rescue blankets are medical devices made of a polyethylene terephthalate sheet coated with
a thin aluminum layer. Blankets are used for protection against hypothermia in prehospital emergency
medicine and outdoor sports, but totally different qualities are typical for these multi-functional tools.
On the one hand, rescue sheets prevent hypothermia by reducing thermo-convection and diminishing
heat loss from evaporation and thermal radiation. On the other hand, the sheets promote cooling by
acting as a radiant barrier, by providing shade and even by increasing heat conduction when the
sheet is in direct contact with the skin. As foils are watertight and windproof, they can function as
vapor barriers and even as stopgap bivouac sacks. We evaluated three experimental studies, one on
heat loss by rescue blankets according to surface color, one on transparency with ultraviolet radiation,
high-energy visible light and visible light, and one on infrared radiation from rescue blankets. When
evaluating the effects of different bands of the electromagnetic spectrum on rescue sheets, we focused
on ultraviolet radiation (200–380 nm), high-energy visible light in the violet/blue band (380–450 nm),
visible light (380–760 nm) and infrared radiation (7500–13,500 nm). Rescue sheets transmit between
1% and 8% of visible light and about 1% of ultraviolet B radiation (280–315 nm), providing sufficient
transparency and adequate protection from snow blindness. Reflection of visible light increases
detectability in search and rescue missions performed in good visibility conditions, while reflection
of infrared radiation increases detectability in poor visibility conditions and provides protection
against hypothermia.

Keywords: emergency medicine; far infrared; hypothermia; insulation; rescue work; rescue blanket;
space blanket; survival blanket

1. Introduction

Rescue blankets are medical devices with a characteristic silver and gold surface on either side that
are used for protection against hypothermia by emergency medical services (EMS) and by sportsmen
in outdoor activities. Accidental hypothermia, defined as a core body temperature of less than 35 ◦C,
is more frequently observed during the winter season, but it occurs throughout the year, even in
geographic regions with hot climate [1]. There is a risk of hypothermia whenever the ability to
control body temperature through the nervous system, metabolism, circulation and muscle activity is
insufficient to compensate for heat loss due to the emission, conduction and convection of infrared (IR)
radiation. Both clothing and absorption of infrared radiation reflected by the environment help balance
heat loss. Beside acidosis and coagulopathy, hypothermia is one of three life-threatening conditions
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that constitute a lethal triad in emergency patients [2]. The decrease in core temperature goes along
with impaired organ function, clotting disorders and increased mortality.

Hypothermia prevention is important in prehospital treatments involving the external rewarming
techniques employed by EMS [3]. When comparing different conventional blankets, e.g., space blankets,
bubble wrap, blizzard blankets, ambulance blankets and ready heat blankets, Zasa et al. observed that
all tested tools significantly reduced heat loss but could not completely compensate for the temperature
deficit [4]. Contrarily, Leung et al. observed an increase in skin temperature of approximately 1 ◦C,
when measured with a thermal camera aimed at a forearm wrapped in a rescue blanket [5]. Allen et
al. performed an experimental study on a fluid torso model and observed diminished temperature
loss when applying passive warming devices such as space blankets [6]. The authors reported that
comparison of medical devices providing either active or passive rewarming did not find striking
differences between the two methods [6]. Rescue blankets achieved a heat loss of less than 1 ◦C
within 60 min and less than 2 ◦C within 120 min. An increase in body temperature was observed
only in shivering patients with mild hypothermia. In fact, shivering heat production is crucial for
thermoregulation during cold-exposure [7]. Haverkamp et al. confirmed that in the prehospital setting
patients can be protected from excessive heat loss by rescue blankets, but cannot be rewarmed [8].
However, the fact that passive hypothermia-prevention devices function independently of electricity
means they are especially suitable in remote areas [6]. Rescue blankets act as a vapor barrier and
limit the need for shivering thermogenesis [8]. Protection from heat loss was especially efficient
when the rescue blanket was arranged between two layers of woolen blankets [8]. In the prehospital
setting, plastic bags used as vapor barriers were as effective as the removal of wet clothes [9]. In
accident and emergency departments, rescue blankets proved their effectiveness in protecting against
hypothermia [10], in particular when applied in combination with woolen blankets [11].

In this manuscript, we focused on experimental research dealing with the transmission and
reflection of radiation by rescue blankets. The originality and novelty of this review are based in
its investigations of the physical properties that affect the medical applicability of the tools used in
emergency care.

2. Factors Influencing Electromagnetic Measurements with Rescue Sheets

2.1. Ultraviolet (UV) Radiation

When testing metallized rescue sheets for transmission of UV radiation, it must be remembered
that the thickness and transparency of foils can differ between production series, and among the variety
of available rescue sheet products [12]. This may have a direct impact on transparency. Furthermore,
the metallized surface increases the sheet’s ability to reflect radiation. The conservation of energy
means the relation between transmissivity (T) and reflectivity (R) is complementary (1).

T = 1 − R (1)

A considerable fraction of the electromagnetic spectrum contained in solar radiation is made up of
UV radiation and visible light. Manifold environmental conditions influence accurate measurement of
the intensity of solar radiation, including geographic location, altitude and reflected radiant energy from
the ground [13,14]. Direct effects on eyes caused by UV radiation may be difficult to assess as intense
solar radiation leads to pupillary constriction and squinting, which reduce ocular exposure [13,15].
The use of rescue sheets to protect the face from UV radiation entails the risk of rebreathing CO2 when
the rescue sheet is kept tight to the skin [12].

2.2. Infrared (IR) Radiation

All objects with a temperature greater than absolute zero (0 K) emit electromagnetic radiation
arising from the thermal motion of particles. This results in energy losses via surface areas [16,17].
Human beings with a skin temperature of around 33 ◦C (306 K) emit infrared radiation at peak
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wavelengths of 10 μm [17]. The human body can control body temperature by means of the nervous
system, metabolic system, circulation and muscle activity. In addition, clothing and absorption of
infrared radiation reflected by the environment help balance heat loss. Spectral distribution of intensity
depends on temperature [18]. The spectrum of hot objects shifts towards higher frequencies and
shorter wavelengths. Thus, wavelengths of radiation reflected by objects are shorter than wavelengths
of radiation emitted by objects. Ideally, a black body absorbs and emits radiation regardless of
frequency (ν). The total intensity emitted by a black body is proportional to T4 according to the
Stephan–Boltzmann law [16]. A real body will have both frequency-dependent emissivity (ν) and
absorptivity (ν) (2).

e(ν) = a(ν) (2)

Incident electromagnetic radiation on a surface can be absorbed (a), reflected (r) or transmitted (t).
For a given radiant power Φ (3) hitting a surface, aΦ is absorbed, rΦ is reflected and tΦ is transmitted,
with a, r and t being complementary (4) [16,17].

Φ = dQ/dt (3)

a + r + t = 1 (4)

Emissivity (E), defined as the ability to emit radiation via the surface, depends on various factors
such as surface morphology, viewing angle, material composition and temperature. The emissivity
coefficient “ε” gives the radiation of heat from various materials as compared with the radiation of
heat from an ideal black surface as ε = 1 [16]. The thermal radiative properties of films depend on
the content, size and nature of aluminum particles [19]. For anodized aluminum, ε = 0.55 [20]. With
increasing concentrations of aluminum, Sonnier et al. observed an increase in R, making it a suitable
product for limiting thermal radiation from a body [19], whereas for a thin polyethylene terephthalate
sheet T = 1.5, for an aluminum-coated foil T can be expected to be less than 1% [20,21]. E and R are
complementary, as radiometric measurements mostly depend on surface E and R of radiation [20]. R is
more relevant at short distances as both the heat sustained by the surface and the reflected temperature
of the surrounding environment influence measurements [20].

2.3. Thermal Imaging

Accurate temperature measurements depend on many factors including, E and R from objects and
T from the atmosphere [20]. Detection of IR radiation within the wavelength-range of 6000 to 15,000 nm
(mid- to far IR), using thermal cameras, is based on emission, transmission and reflection. Temperatures
between −10 and 200 ◦C give off no radiation that is visible to the naked eye other than what is reflected.
Glass does not allow transmission of radiation in the range of 8000 to 12,000 nm. As E from an aluminum
layer is negligible, most of the radiation from a metallized rescue blanket will actually be reflected
radiation from the environment. Radiometric measurements from distances exceeding 100 m are
influenced by atmospheric radiation. Remote temperature sensing using thermal cameras relies on the
ability to accurately compensate for surface characteristics, atmospheric interference and the imaging
system [21]. Imaging systems provide further adjustments with digital detail enhancement, active
contrast enhancement, and high-gain mode with increased sensitivity to temperature differences [20].

3. Materials and Methods

Rescue blankets are low-weight and low-bulk medical devices; Category 1, according to Directive
93/42/EEC [22]. Rescue blankets are metallized foils that reflect electromagnetic waves; they are
robust, watertight and windproof [8,10,11,23]. We investigated two different brands of rescue blanket
commonly used by ground emergency medical services (EMS) and helicopter EMS in Tyrol, Austria.
Blankets were obtained from Austrian Red Cross (ARC Rescue Sheet, ÖRK, A-1230 Vienna, Austria),
and from Mountain Rescue Tyrol (LEINA-WERKE GmbH, D-51570 Windeck, Germany) [12,24]. The
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effects of radiation on rescue blankets from UV radiation in the spectral range between 200 and 380 nm,
high-energy visible (HEV) light in the violet/blue band range between 380 and 450 nm, visible light in
the range between 380 and 760 nm, and IR radiation in the range between 7500 and 13,500 nm, were
all evaluated.

There are only a few scientific publications that focus on the T and R of electromagnetic radiation
by rescue sheets used in emergency medicine (Figure 1) [25]. PubMed, Web of Science and Google
were screened for the combined key words: “survival blanket and hypothermia” (31 in Web of Science,
38 in PubMed and 1,170,000 in Google.at); “space blanket and hypothermia” (14 in Web of Science, 13
in PubMed and 498,000 in Google.at); “rescue blanket and hypothermia” (18 in Web of Science, 10
in PubMed and 1,240,000 in Google.at). There were no findings for: “infrared radiation” and either
“survival blanket”, “space blanket” or “rescue blanket” according to our query in PubMed. However,
when searching for “radiation and space blanket” in Web of Science, five out of 75 papers dealt with
the resistance of polymer films to atom oxygen erosion, vacuum UV stability and radiation resistance
in low earth orbit. Six papers in Web of Science concerned “infrared radiation and space blanket” (4
astrophysical, 2 environmental), but were not directly related to the topic. After exclusion of papers
that dealt with space-flight, therapeutic hypothermia, animal research and in-hospital research, one
theoretical and two experimental studies remained that focused on “radiation and rescue blankets in
emergency medicine” (Figure 1).

Figure 1. PRISMA Flow Diagram of literature research. The PRISMA Group (2009).

3.1. Measurement of Heat Loss by Rescue Blankets According to Surface Color

In order to find out which side of the rescue blanket should be up to protect against hypothermia,
Viennot and Décamp applied a linear model in a theoretical experimental study [16]. The authors
performed an experiment with 210 cm3 of water in a plastic bowl wrapped in a rescue blanket, with
either gold or silver outside. Starting at 38 ◦C, the bowl was kept in a freezer at −17 ◦C for one hour.
The experiment was repeated four times and the gradients between initial temperature and accurate
temperature after the cooling time were compared [16].
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3.2. Optometric Measurement of Transparency with UV Radiation, HEV Light and Visible Light

The effects of radiation on rescue blankets from UV radiation, HEV light and visible light in
the spectral range between 200 and 760 nm were measured optometrically using a lens analyzer
(Humphrey Systems LA 360; Carl Zeiss Meditec Inc., Dublin, CA, USA). Measurement were performed
with silver or gold side up [24].

3.3. Thermographic Measurement of IR Radiation from Rescue Blankets

For thermographic imaging, we used a radiometric thermal camera (DJI Zenmuse XT, Shenzhen,
China; uncooled microbolometer, image resolution: 640 (H) × 512 (V); pixel pitch: 17 μm; lens model:
13 mm; digital zoom: 8×; sensitivity: <50 mK at f/1.0; accuracy of +10 ◦C; image optimization and
digital detail enhancement; operating temperature: −10 to 40 ◦C at a relative humidity between 5%
and 95%), mounted on a Zenmuse XT gimbal and remotely controlled [21,23]. The ability to spatially
resolve detailed temperature measurements in a thermal image depends on pixel resolution, image
focus, blur, and environmental conditions including distance, humidity, temperature, and atmospheric
transmission [21]. In order to maintain at least a 10-pixel resolution in the thermal image, the distance
between the camera and the object did not exceed 50 m in our study. To diminish reflection, we kept
the view angle within 60◦ of straight-on and oblique measurements [23].

4. Results and Discussion

4.1. Measurement of Heat Loss by Rescue Blankets According to Surface Color

It is still not clear which side, silver or gold, should be up in order to protect sufficiently against
cold [16,26]. Viennot and Décamp’s discussion and analysis of the topic is restricted to the high reflective
power of the silver side [16]. The authors concluded that in the case of hypothermia the common
recommendation, with silver down in order to reflect IR radiation, is based on three hypotheses. Firstly,
protection against hypothermia using rescue blankets is entirely a radiant process. Secondly, the
continuing production of heat from metabolism and muscle activity of the victim is not considered.
Thirdly, while interactions between the body and the rescue blanket are taken into account, reflected
radiation and blocked absorption of environmental radiation are ignored [16]. When applying a linear
model, as used in electricity and increased resistance to heat transfer, silver up is recommended for dry
and calm weather, and silver down for rainy and windy weather [16]. Their recommendations were
based on an experimental setting with 38 ◦C warm water in a plastic bowl wrapped in a bag made of
an emergency blanket and kept in a freezer at −17 ◦C for one hour. In the calm and dry environment of
the freezer, the authors observed less cooling with silver up [16].

4.2. Optometric Measurement of Transparency with UV Radiation, HEV Light and Visible Light

We optometrically investigated the properties of conventional rescue sheets subjected to the
electromagnetic spectrum in the range between 200 and 780 nm using a lens analyzer [12]. Regarding
protection from UV radiation, we particularly focused on the UVB fraction, as even short exposure to
high doses of UVB rays reflected by snow or glaciers at high altitude can cause acute snow blindness.
While UVC rays are blocked by the ozone layer of the atmosphere, UVB and most UVA rays penetrate
the atmosphere [13]. We found that rescue blankets adequately protect against UV radiation and HEV
light [12]. No differences were observed between silver and gold side up. T correlated negatively with
the degree of protection from UV radiation. According to our investigation, even a single layer of
a rescue blanket can significantly diminish UV light exposure. Single-layer transparency for visible
light ranged between 1% and 8%. Transparency for UVB rays afforded by each tested rescue sheet
brand was between 0% and 1% for the single layer. Double-layer rescue sheets blocked 100% of
ultraviolet B radiation. As there is still sufficient transparency for visible light, a rescue sheet put over
the mountaineer’s head allows him to descend under his own power while being protected from UV
radiation [12].
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4.3. Thermographic Measurement of IR Radiation from Rescue Blankets

Our study with optometrical measurements also showed that transmission of near-IR radiation in
the IR–visible radiation boundary region is very low, regardless of whether gold or silver is up [12].
In a further experimental study, we measured thermoradiation in the spectrum 760–13,500 nm from
probands in a snow-covered backcountry environment. Radiometric measurements were performed
on a model in supine position on an insulating sheet covered with rescue blankets, either silver side up
or gold side up (Figure 2).

  
(a) (b) 

 
(c) 

Figure 2. Thermal images in a snow-covered backcountry environment. (a) Model in supine position
on an insulating sheet. (b) Model in supine position on an insulating sheet covered with a single-layer
rescue blanket, silver side up. (c) Model in supine position on an insulating sheet covered with a
single-layer rescue blanket, gold side up (air temperature: −6.2 ◦C; snow temperature: −7.6 or −6.3 ◦C
when considering the emissivity coefficient ε = 0.83 for snow).

Thermal imaging was performed with an IR camera lifted to altitudes of 5 and 50 m above ground
with a gas-filled balloon. Thermal images of rescue blankets on a snow surface, exposing either their
gold or silver side, indicated different surface temperatures. As compared to forehead temperature, IR
radiation was diminished between 72.6% and 92.3%, depending on the number of covering garments.
The median percentage of IR transmission blocked by a single-layer rescue blanket when the gold
side was up was 82.1% [20]. With a single layer recue blanket, body shape was completely hidden
(Figure 2). With three layers of rescue blankets, up to 100% of transmission was blocked. Our findings
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indicate that rescue blankets can effectively block infrared radiation. A single-layer rescue blanket is
sufficient to render detection of a body shape impossible.

5. Implications

Rescue blankets have the potential to protect from solar radiation in the electromagnetic spectrum
between UV radiation and far IR. A single-layer rescue sheet put over a person’s head provides
sufficient transparency with regard to visible light for one to walk under one’s own power, with the
eyes and skin being adequately protected from UVB radiation. Thus, rescue blankets have the potential
to function as makeshift sun goggles against snow blindness during outdoor activities under high
solar irradiation [12]. As transmission of radiation in the near, mid- and far IR region is very low, it
does not matter whether the gold or silver is up when rescue blankets are used to protect against
hypothermia in wilderness emergencies [12,24]. It is more important to arrange the blanket under
the outer layer of clothing but without making direct contact with the skin. Viennot and Décamp
discuss a potential advantage when keeping silver up during dry and calm weather, and silver down
during rainy and windy weather [16]. In search and rescue (SAR) missions, the actual temperature
measured with thermal cameras is of less importance than the gradients of IR radiation between objects
and environment [16,24]. As victims covered with a rescue blanket are difficult to detect, the camera
operator should not exclusively concentrate on human body shapes but additionally watch for objects
of 1 to 2 m lengths with strikingly low temperatures [24]. In SAR missions where thermal imaging is
used by unmanned aerial vehicles to search for victims, rescue blankets should be removed from the
body to increase the chance of being sighted [24].

6. Conclusions

Summing up the scarce information, based on our own measurements and on literature research,
we conclude that, with regard to protection against hypothermia, it does not matter whether silver is
turned down or not. There are several factors to be considered, including convective and conductive
effects, vapor barrier function, and distance and moisture between the body and the blanket, among
others. In the case of windy and wet weather and whenever protection from sunlight is desired,
silver should be up. However, for SAR missions in snow and ice, having the gold side up will
facilitate detection of the missing person during daytime. In low-visibility conditions and during the
night, victims should remove the blanket whenever they expect surveillance from rescue personnel, as
indicated by engine noise from drones and quadricopters. Operators of thermal cameras should not only
focus on body shapes, but also be on the lookout for objects with a size of 1 to 2 m. Giving consideration
to the different physical properties of rescue blankets increases the scope of medical applicability. This
review accentuates the multi-functional applicability of rescue blankets in emergency medicine.
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Abstract: Surface modification is an effective way to improve the hemocompatibility of biomaterials.
Quercetin has significant anticoagulation and antithrombotic effects, and thus it is a promising
candidate agent for the surface modification of blood-contacting materials. In this study, quercetin was
successfully encapsulated in tripolyphosphate–chitosan nanoparticles (TCs) based on the ionic gelation
of chitosan with tripolyphosphate (TPP) anions. Then, hyaluronan acid (HA)/quercetin-loaded
TPP–chitosan nanoparticle (QTCs) films, in addition to HA/TCs films, were prepared separately
using an electrostatic layer-by-layer self-assembly technique. The encapsulation of quercetin in the
chitosan nanoparticles was confirmed by UV spectra. The quercetin-loaded multilayer coatings were
also successfully self-assembled, as confirmed by the UV spectra and contact angle measurements.
Platelet adhesion experiments were carried out with platelet-enriched plasma so as to evaluate
the blood compatibility of the different samples. There were many platelets on the surfaces of the
glass and HA/TC-coated titanium, which were partially activated but not aggregated. Meanwhile,
many more platelets were observed on the uncoated titanium surfaces, most of which developed
pseudopodia. By contrast, the platelet adhesion and activation were reduced remarkably on
the surface of the HA/QTC-coated titanium. These results showed that the multilayer coatings
containing quercetin could act as potential biomaterials to improve the anticoagulation performance
of blood-contacting materials.

Keywords: biomaterial; surface modification; self-assembly; multilayer; blood compatibility

1. Introduction

In the design of blood-contacting implants, such as artificial blood vessels and vascular stents,
there are two major issues that should be considered, namely, antithrombosis and endothelialization [1].
Native endothelium plays a unique role in maintaining vascular homeostasis, which includes
active antithrombosis, inhibiting the proliferation of smooth muscle cells, and reducing intimal
hyperplasia [2,3]. Thus, the endothelialization of implant surfaces may provide fully blood-compatible
interfaces. However, we know that it takes some time to complete the endothelialization of implant
surfaces in vivo. Therefore, the blood compatibility of an implant is the first consideration, especially
in the initial implantation.

Many approaches have been explored to improve the blood compatibility of blood-contacting
medical implants. Surface modification enables the combination of a material’s bulk properties with

Coatings 2020, 10, 256; doi:10.3390/coatings10030256 www.mdpi.com/journal/coatings
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the desired biological attributes, and it has become the most popular method for preventing blood
clotting. Various anticoagulant molecules, including heparin [4,5], citric acid [6], hirudin [7], and some
enzymes [8], have been used to develop clinical devices with anticoagulant properties. In addition,
endothelial cell seeding has also been used in surface coatings [9]. Biomaterials functionalized
with endothelial cell seeding may function in a similar way as the endothelial surface itself, but
the poor adhesion and slow formation process limit its clinical application [10]. To date, there are
no blood-contacting materials used in clinical settings that can meet all of the hemocompatibility
requirements, whether short-term applied or long-term implanted [11]. Thus, the field of biomaterials
modification, from the perspective of improving the blood compatibility, is still evolving. More
innovative approaches and strategies need to be explored and developed.

The layer-by-layer (LbL) self-assembly technique is a simple and facile approach for the
immobilization of biomolecules onto various surfaces, and it has already been extensively applied
in the surface modification of biomaterials. Compared with the classic chemical immobilization,
the LbL technique has the lowest demand for reactive chemical bonds and efficiently keeps the
molecular activity. The LbL self-assembled multilayers produce a more stable coating than that
prepared by physical adsorption because of the electrostatic attractions between the different layers.
In many previous studies, the LbL technique was used to immobilize heparin onto various kinds of
biomaterials. As an important anticoagulant in clinics, heparin was the most popular surface modifier.
Li et al. constructed LbL-assembled heparin/fibronectin multilayers on titanium implants, and these
multilayers displayed excellent antithrombotic properties [12]. Similarly, Su et al. developed a dual
drug-eluting stent, with Duraflo heparin and sirolimus coated layer-by-layer onto a Multi-Link PIXEL
stent, which showed prolonged resistance to thrombosis [13]. Chou et al. demonstrated that the
anticoagulation performance of collagen/heparin multilayers on titanium surfaces was superior to
that of an uncoated one [14]. Meng et al. designed a chitosan/heparin LbL-coated coronary stent
and tested both in in vitro and in vivo. It was found that this self-assembly coating was safe and
efficient in promoting re-endothelialization and intimal healing after stent implantation, in addition to
having a good hemocompatibility [15]. The anticoagulation effect of heparin has been well recognized.
However, extensive use of heparin may lead to bleeding and thrombocytopenia [16]. With this in
mind, some researchers have turned to other anticoagulant molecules for developing blood compatible
membranes, such as nattokinase and lumbrokinase [17].

Quercetin, a naturally occurring flavonoid, has also been shown to have effects of antithrombosis
and anticoagulation similar to heparin. BijakM et al. reported that quercetin had an inhibitory
effect on active factor X (FXa) activity, and that it might be a potential structural base for the design
of new nature-based, safe, orally bioavailable, direct FXa inhibitors [18]. The coagulation assays
conducted by Choi J H et al. also demonstrated that quercetin inhibits the enzymatic activity of
thrombin and FXa, and suppresses fibrin clot formation and blood clotting [19]. Actually, the
antithrombotic effects of quercetin, including the inhibition of the platelet activation and aggregation,
in vivo thrombosis inhibition, and human interventional studies on cardiovascular diseases, have
been widely reported [20–24]. Furthermore, quercetin has other pharmacological functions, such
as antioxidation [25], anti-inflammation [26], and the inhibition of smooth muscle cell proliferation
and migration [27]. Therefore, quercetin is also a promising candidate agent for the modification of
vascular stents.

Quercetin has a poor aqueous solubility and is easily degradable, which limits its application
in the pharmaceutical field. To solve this problem, some studies have focused on the preparation of
chitosan nanoparticles loaded with quercetin. Chitosan is a natural, cationic polysaccharide. It is
commonly used in drug delivery systems because of its biocompatibility and low toxicity [28,29].
It also plays a critical role in the attachment and growth of endothelial cells [15]. Encapsulation of
quercetin into chitosan-based nanoparticles has been reported to efficiently overcome the shortcomings
of quercetin and to improve its efficiency. Chitosan-based delivery systems are effective in controlling
the release of quercetin, which has paved the way for a better bioavailability of quercetin [30].
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In this work, we tried to immobilize quercetin onto titanium (Ti) surfaces so as to enhance blood
compatibility. We encapsulated quercetin into chitosan nanoparticles based on the ionic interactions
between chitosan and tripolyphosphate (TPP). TPP is a polyanion with negatively charged groups
that can interact with the positively charged amino groups of chitosan. This ionic gelation process is
convenient and mild, and thus it has attracted considerable attention as a way to prepare chitosan
nanoparticles [30,31]. The surface charge of quercetin-loaded TPP–chitosan nanoparticles (QTCs) is
positive because of the presence of amine groups on its surface [31,32]. Negatively charged hyaluronic
acid (HA) and positively charged QTCs were deposited onto a Ti surface and formed a multilayer
coating through the LbL technique. Finally, the hemocompatibility of these HA/QTCs multilayers was
assessed by platelet-rich plasma contacting experiments. There have been many previous studies that
have focused on the surface modification of implant metal via the LbL self-assembly technique [12–15],
but, as far as we know, this is the first report of improving the blood compatibility of biomaterials
by the surface immobilization of quercetin-loaded multilayer coatings. The results of this study will
provide a design reference for the anticoagulant materials.

2. Materials and Methods

2.1. Preparation and Characterization of QTCs

TPP–chitosan nanoparticles (TCs) were fabricated based on the ionic interactions between the
chitosan and TPP anions. Chitosan was dissolved into a 1 vol% aqueous acetic acid solution in order
to form a polymer solution with a concentration of 1 mg/mL. The pH of the chitosan solution was
adjusted to 5.2 using 1.25 M sodium hydroxide. Under magnetic stirring at room temperature, 0.5 mL
of TPP solution, with a concentration of 2 mg/mL, was dropwise added into 5 mL of the chitosan
solution. The QTCs were formed by dropwise adding 1 mL of quercetin–ethanol solution, with a
concentration of 0.2 mg/mL, into 5 mL of the chitosan solution before adding the TPP.

The encapsulation efficiency (EE) of quercetin was conducted according to the method described
in references [33,34]. The encapsulated and non-encapsulated portions of quercetin from the QTC
suspensions were separated using a centrifugal device with centrifugation at 10,000 rpm for 30 min.
The concentration of quercetin in the supernatant liquid was detected by UV–VIS spectrophotometry
at 370 nm. The quercetin encapsulation efficiency was calculated according to the following formula:

EE (%) = (Wtotal −Wfree) × 100/Wtotal

where Wtotal is the total quercetin weight in the QTC suspensions and Wfree is the weight of the
non-encapsulated quercetin.

The particle size and zeta potential of the QTCs were assessed by a Nanotrac Wave II particle
size analyzer (Microtrac INC., Florida, USA). The surface morphologies of the QTCs and TCs were
observed by transmission electron microscope (TEM; JEOL-2100F, Tokyo, Japan). The UV absorption
spectra of the native quercetin, chitosan, and QTCs were obtained in a UV–VIS spectrophotometer
(UV-6000PC, Shanghai Metash Instruments Co., Ltd., Shanghai, China).

2.2. Substrate Preparation

Commercially pure titanium sheets (From Qinghe Hengzhong Metal Materials Co. Ltd., Xingtai,
China) were used as the substrates for the HA/TC and HA/QTC multilayer films syntheses. The Ti
plates were mechanically polished to a mirror-like status, then, were ultrasonically cleaned in acetone
and ethanol, and finally in deionized (DI) water. The cleaning procedure lasted for 10 min in each
fluid. The cleaned samples were activated in 1.25 M of NaOH solution at 80 ◦C for 24 h, and then
thoroughly rinsed with DI water and blown dry. The NaOH-treated Ti samples are referred to from
here on as TiOH.
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2.3. Multilayer Coating Preparation

The polyethylenimine (PEI) solution was prepared at a concentration of 5 mg/mL by dissolving PEI
(50 wt.% water solution, MW 70,000) in 0.14 M NaCl, and its pH was adjusted to 4.5 using diluted HCl.
The TiOH substrates were immersed in the PEI solution for 20 min, thus obtaining a precursor layer
with a stable positive charge to initiate the LbL self-assembly process. Figure 1 shows an illustration of
the construction of the multilayer surfaces. The substrates were first immersed into the anionic HA
solution (1 mg/mL in DI water, pH = 5.2) for 15 min (Step 1), and then rinsed with distilled water and
dried with a nitrogen flow (Step 2). Afterwards, the substrates were immersed into the QTC or TC
suspensions for 15 min (Step 3), and subsequently rinsed with distilled water and dried again with a
nitrogen flow (Step 4). The pH of the rinsing water was 5.2. The above steps were repeated n times
(n = 5 and 10) in order to obtain the films that consisted of n-HA/QTC or -HA/TC bilayers with the
QTC or TC coatings on the top.

Figure 1. Schematic representation of the construction of hyaluronan acid (HA)/quercetin-loaded
tripolyphosphate (TPP)–chitosan nanoparticle (QTCs) and HA/TPP–chitosan nanoparticle (TCs)
multilayer thin films by layer-by-layer (LbL).

2.4. Multilayer Coating Characterization

The water contact angle of the TiOH, TiOH coated with the PEI pre-layer, and HA/QTC films
after each alternating deposition were measured to monitor the LbL self-assembly process. All of the
prepared coatings were dried with a nitrogen flow before performing the contact angle measurements.
The static water contact angles were measured at room temperature using a video contact angle
goniometer (SL2008 Powereach, Xiamen, China). The volume of the individual water droplet was
6 μL, and the contact angle of each type of surface was obtained by averaging the three measurement
results performed on the different regions.

To follow the multilayer coating assembly, Ti plates coated with 5 and 10 HA/QTCs bilayers were
ultrasonically treated in 1 mL of anhydrous ethanol for 30 min, separately, after which ethanol solutions
containing different concentrations of quercetin were obtained. A UV–VIS spectrophotometer was
used to detect the absorption in the UV region of these ethanol solutions.

2.5. In Vitro Platelet Adhesion Experiments

In vitro platelet adhesion tests were conducted to evaluate the blood compatibility of all of the
samples, including the glass, TiOH substrate, 5 and 10 (HA/TC) bilayer-coated TiOH substrates, and 5
and 10 (HA/QTC) bilayer-coated TiOH substrates. The entire blood of a healthy rabbit mixed with
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3.2% sodium citrate (9:1) was centrifuged at 1000 rpm for 20 min in order to obtain a platelet-rich
plasma (PRP). Each sample (1 × 1 cm2) was immersed in 1.5 mL PRP and incubated in a 37 ◦C bath for
1 h. After rinsing three times with phosphate-buffered saline (PBS), the samples were fixed with a
4% paraformaldehyde solution for 1 h and then dehydrated in graded ethanol (30%, 50%, 70%, 90%,
and 100%; 15 min each) sequentially, and critical point dried with CO2. The quantity, morphology,
aggregation, and pseudopodium of the adherent platelets were observed using a scanning electron
microscope (SEM; VEGA3 LMH, Tescan, Brno, Czech Republic). Five random regions on each sample
were chosen for the statistical analysis.

3. Results and Discussion

When the quercetin ethanol solution was dropwise added into the chitosan solution, a transparent
light-yellow liquid formed, as shown in Figure 2a. Then, after the incorporation of the TPP solution,
the liquid switched to a translucent state with a weak opalescence, and the yellowish color seemed to
disappear, as shown in Figure 2b. The process of QTC formation was as follows: The quercetin first
adhered to the chitosan based on the electrostatic attraction between the acidic phenolic OH groups
of quercetin and the positively charged chitosan, and then formed nanospheres through TPP–CHI
crosslinking under continuous stirring conditions [31,35]. The possible structure of the QTCs is shown
in Figure 1. The encapsulation efficiency of quercetin was 91.1% ± 1.2%, indicating that most of the
quercetin had been encapsulated in the nanoparticles, and therefore the yellowish color of the solution
visually disappeared.

Figure 2. Visual observation of the quercetin–chitosan solution (a) before and (b) after adding the
TPP solution.

The size and polydispersity index (PDI) are essential analyses for the characterization of
nanoparticles. The dynamic light scattering (DLS) assay showed that the average size of the QTCs
was about 279 nm, while the average TC size was 221 nm (slightly smaller than that of QTCs), as
shown in Figure 3a. The polydispersity index of both the quercetin-loaded nanoparticles and the blank
nanoparticles was less than 0.25, which featured a reasonably homogeneous suspension. Figure 3b,c
shows the TEM images of the typical morphology of TCs and QTCs, respectively. The nanoparticles
were nearly spherical in shape, with sizes ranging from 86 to 160 nm. The average particle size
decreased when compared with the results of the DLS analysis, as the nanoparticles had shrunk during
the drying procedure prior to the TEM observations. The Zeta potential is a measurement of the
surface potential of suspended particles, which is an essential index in the stability of nanoparticles
in suspension through the electrostatic repulsion among them. Both the TCs and QTCs had almost
the same zeta potential, which was about 45 mV on average. This value is suitable for forming a
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stable nanoparticle suspension, as particles can be dispersed stably when the absolute value of the zeta
potential is above 30 mV [36].

Figure 3. Characterization of TCs and QTCs. (a) Particle size distribution of TCs and QTCs measured
by dynamic light scattering, transmission electron microscope (TEM) images of (b) TCs and (c) QTCs.

The UV spectra of the chitosan, QTCs, and native quercetin are presented in Figure 4 (curves a,
b, and c, respectively). The native quercetin (dissolved in ethanol) showed two absorption bands at
255 and 370 nm (curve c), related to conjugations in the B-ring and A-ring, respectively. No apparent
absorption peak in the chitosan solution was observed (curve a). In comparison, the spectrum of the
QTCs (curve b) showed absorption bands at 255 and 370 nm, indicating the presence of quercetin in
the nanoparticles. These results were similar to those of other studies on the encapsulation of quercetin
into chitosan nanoparticles [33,34]. The HA/QTCs multilayer films were eluted from the Ti substrates
by anhydrous ethanol under a supersonic effect. The obtained ethanol solutions contained different
concentrations of quercetin, depending on the number of HA/QTC bilayers. Curves d and e in Figure 4
show the UV absorption spectra of the ethanol solutions obtained from the HA/QTC films with 5 and
10 bilayers, respectively. Two absorption bands at 255 and 370 nm were also found in each of the
two curves, illustrating a successful incorporation of QTCs into the multilayer films. In addition, an
increment of the absorbing intensity at 255 and 370 nm was seen as the number of bilayers increased
from 5 to 10, indicating an increase in the amount of QTCs.

Figure 4. UV spectra of (a): three types of liquids, a: chitosan solution, b: quercetin-loaded nanoparticles
suspension, c: quercetin–ethanol solution, and (b): ethanol solutions obtained from the HA/QTCs
multilayer films with d: 5 and e: 10 bilayers.

The wettability of the HA and chitosan coatings had different values; it has been reported that the
HA layers are more hydrophilic than the chitosan layers [37,38]. Hence, the LbL assembly of HA/QTCs
can be monitored by measuring their respective water contact angles in each of the outermost layer. As
seen in Figure 5, the TiOH sample, i.e., the alkali and heat-treated titanium, had a very hydrophilic
surface of 12.1◦ ± 0.1◦. The deposition of the PEI pre-layer on the TiOH changed its wettability from
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12.1◦ ± 0.1◦ to 61.8◦ ± 2.4◦. The later repeated coatings of the HA-QTC combinations exhibited a
zig-zag effect. The HA layers were more hydrophilic than the QTCs layers, suggesting that alternated
HA and QTCs surface layers were successfully achieved.

Figure 5. Water contact angles of the HA/QTC multilayer films. The odd numbers on the horizontal
axis represent the film with HA as the outermost layer, and the even numbers represent the film with
QTCs as the outermost layer.

Platelet adhesion and activation are important markers to evaluate the blood compatibility of
blood-contacting materials. Typical SEM images of the adherent platelets on the glass, TiOH substrate,
HA/TC-coated TiOH substrates with 5 and 10 bilayers, and HA/QTC-coated TiOH substrates with
5 and 10 bilayers are shown in Figure 6. Many platelets adhered to the smooth surface of the glass
plate (Figure 6a). About half of them were round in shape, and the others had developed pseudopodia,
which indicated that they had been partially activated. It could be seen that significantly more
platelets adhered to the TiOH substrate (Figure 6b) than to the glass, and most of the adherent platelets
developed pseudopodia. Platelet adhesion was significantly reduced in the case of the LbL-modified
TiOH substrates with 5 and 10 HA/TCs bilayers (Figure 6c,d, respectively); most of them were isolated.
It was easy to conclude that the existence of the HA/TCs LbL coating was efficient in the improvement of
the hemocompatibility of the TiOH substrates. However, compared with the glass sample, the platelet
adhesion and activation were slightly enhanced on the HA/TC-modified TiOH substrates. Compared
with the four previously described substrates, the number of adherent platelets was strongly reduced.
There were only a few platelets that could be observed on the surface of the substrate coated with
5 HA/QTCs bilayers, as shown in Figure 6e. Moreover, the platelet adhesion was reduced further when
the number of HA/QTC bilayers increased to 10, as shown in Figure 6f. In addition, the platelets on the
HA/QTC-modified samples appeared to be slightly smaller than those on the other four substrates,
indicating a lower level of activation. These results suggested that the anticoagulation performance of
the HA/QTC coatings was very obvious.
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Figure 6. Typical SEM images of platelet adhesion on the surfaces of (a) glass, (b) TiOH substrate,
HA/TC-coated Ti substrates with (c) 5 and (d) 10 bilayers, and HA/QTCs-coated Ti substrates with (e) 5
and (f) 10 bilayers.

The statistical number of platelets that adhered to different substrates is shown in Figure 7. The
number of platelets that adhered to the surfaces of the glass and the HA/TC-coated TiOH substrates
with 5 and 10 bilayers was 15.8 × 105, 19.3 × 105, and 17.6 × 105 per cm2, respectively. There was no
statistical difference in the number of platelets that adhered to these three substrates. For the TiOH
substrate, the number of adherent platelets was 65.4 × 105 per cm2. While for the substrates coated
with 5 and 10 HA/QTC layers, the numbers of adherent platelets dropped to 1.9 × 105 and 0.2 × 105 per
cm2, respectively, which were remarkably less than those on the HA/TC-coated substrates (p < 0.001).
The number of adherent platelets dropped sharply when the quercetin was incorporated into the
modified coatings, which indicated an excellent anticoagulation effect of the quercetin.

Figure 7. Quantitative analysis of the platelets adhered on the different substrates. * indicates a
significant difference (p < 0.001, one-way ANOVA) between the TiOH sample and the other five samples.
# indicates a significant difference (p < 0.001, one-way ANOVA) between the HA/QTCs samples and
the HA/TCs samples.
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Chitosan is a weak base with amino groups, and has a pKa value of about 6.5. The drug-loaded
chitosan nanoparticles exhibited a pH-sensitive behavior due to the existence of large quantities of
amino groups on the chitosan. The drug release could be controlled by a change of pH [28,29]. The
QTCs were formed at pH 5.2 and then deposited onto the TiOH substrates. The latter were incubated
in platelet-rich plasma with a pH greater than 7. In this process, most of the amino groups on the
chitosan were deprotonated, and thus significantly weakened the electrostatic interaction between the
QTC and HA layers. Meanwhile, the QTCs became unstable, and quickly collapsed and precipitated,
which allowed for a rapid release of quercetin.

Surface modification is a popular method used to improve the blood compatibility of biomaterials.
A variety of anticoagulant molecules have been used to modify the surface of blood-contacting implants.
Heparin, as an important anticoagulant in clinics, was the most popular surface modifier in earlier
studies [4,5,12–15]. Subsequently, especially in recent years, other anticoagulant molecules were
developed for surface modification, such as citric acid [6], hirudin [7], bovine serum albumin [11],
nattokinase, and lumbrokinase [17]. However, to the best of our knowledge, there has been no report
of improving the blood compatibility of biomaterials by the surface immobilization of quercetin.
Quercetin is well known for its beneficial cardiovascular properties. It has been demonstrated to
be effective in reducing or inhibiting platelet aggregation and activation in many studies, although
the exact mechanism is not fully understood [20,21,39]. However, quercetin has a poor aqueous
solubility, and cannot be directly immobilized onto the surface of biomaterials. This problem was
efficiently solved in this work by encapsulating quercetin into the pH-sensitive chitosan nanoparticles
and constructing multilayer coatings based on the LbL self-assembly of HA and QTC. Alkali and
heat-treated titanium was chosen as the platform for the construction of the HA/QTC films. Platelet
adhesion experiments demonstrated that the platelet adhesion and activation were reduced remarkably
on the quercetin-loaded multilayer coatings. This approach has several advantages. Firstly, the
amount of quercetin can be adjusted by simply varying the number of multilayers. Secondly, the
alkali and heat-treated titanium has a negatively charged surface and a large number of nanoscale
pores, and therefore provides a good platform for the LbL films. Thirdly, according to the reports in
the literature [15], the LbL chitosan/heparin coating could significantly promote re-endothelialization,
so we speculate that QTCs may also play a role in promoting rapid endothelialization, and further
research is underway.

4. Conclusions

Quercetin-loaded chitosan nanoparticles were fabricated based on the ionic interactions between
chitosan and TPP anions. This study showed that QTCs are stable in suspension, with an average size
of 279 nm and a zeta potential of 45 mV. Subsequently, the LbL self-assembly of QTCs and HA through
electrostatic interaction was carried out, and the HA/QTC multilayer coatings were successfully
constructed, which was confirmed by the UV spectra and water contact angle measurements. Platelet
adhesion experiments were carried out with platelet-enriched plasma. Compared with glass, for
the TiOH substrate and HA/TC-coated TiOH substrate, a marked reduction in platelet adhesion was
observed on the surface of the HA/QTC-coated TiOH substrate, indicating an excellent anticoagulation
performance for the quercetin-loaded multilayer coatings. This work provides a promising method to
improving the anticoagulant and hemocompatibility of blood-contacting materials.
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Gabriel Strugała 1 and Bartłomiej Cieślik 3
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80-233 Gdansk, Poland; lukasz.pawlowski@pg.edu.pl (Ł.P.); andrzej.zielinski@pg.edu.pl (A.Z.);
gabriel.strugala@pg.edu.pl (G.S.)
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Abstract: The surface treatment of titanium implants has been applied mainly to increase surface
bioactivity and, more recently, to introduce antibacterial properties. To this end, composite
coatings have been investigated, particularly those based on hydroxyapatite. The present research
was aimed at the development of another coating type, chitosan–nanosilver, deposited on
a Ti13Zr13Nb alloy. The research comprised characterization of the coating’s microstructure and
morphology, time-dependent nanosilver dissolution in simulated body fluid, and investigation of
the nanomechanical properties of surface coatings composed of chitosan and nanosilver, with or
without a surface-active substance, deposited at different voltages for 1 min on a nanotubular TiO2

layer. The microstructure, morphology, topography, and phase composition were examined, and the
silver dissolution rate in simulated body fluid, nanoscale mechanical properties, and water contact
angle were measured. The voltage value significantly influenced surface roughness. All specimens
possessed high biocompatibility. The highest and best adhesion of the coatings was observed in
the absence of a surface-active substance. Silver dissolution caused the appearance of silver ions in
solution at levels effective against bacteria and below the upper safe limit value.

Keywords: bioactive coatings; chitosan coatings; antibacterial coatings; silver release; nanomechanical
properties; wettability

1. Introduction

Titanium and its alloys are the most promising biomaterials applied for long-term orthopedic,
dental, and maxillofacial implants. Among the many titanium alloys, the Ti13Zr13Nb alloy seems to
be the best choice compared to the widely used commercial Ti-6Al-4V and Ti-6Al-7Nb alloys, as it
possesses Young’s modulus approaching that of a bone, and it contains no harmful elements such as
Al or V [1].

The rejection of long-term implants observed during the primary and long-term fixation period has
resulted in the development of a variety of antibacterial titanium surfaces for titanium implants, with
the most popular including Ag, Cu, Zn, F, Y, Fe, N, Co, antibiotics, chitosan, and peptides [2,3]. Silver
is used in medical applications as pure metallic silver, silver halides, nitrate, and sulfate, silver–organic
complexes and silver zeolite, silver oxide nanoparticles, and silver ions [4–6]. Silver nanoparticles

Coatings 2020, 10, 245; doi:10.3390/coatings10030245 www.mdpi.com/journal/coatings

87



Coatings 2020, 10, 245

(AgNPs) cause damage to the bacterial membrane and subcellular structures, dependent on the shape,
size, surface appearance, and chemical states, and aggregation of the AgNPs [7].

Chitosan is a chemical compound with specific antibacterial properties [2,8–10]. Its main medical
applications include controlled drug delivery, wound healing, and tissue regeneration [11,12]. Multiple
coatings have been developed to improve these biological properties. Chitosan–AgNP coatings showed
an inhibitory effect on the growth of some pathogens and reduced biofilm formation with no observed
cell cytotoxicity in one study [13]. In another study, chitosan-based films containing silver nanoparticles
were shown to have wetting properties highly sensitive to the fraction of AgNPs [14]. Coatings
composed of chitosan, silver, and hydroxyapatite exhibited antibacterial activity and were nontoxic
to MC3T3-E1 cells [15]; chitosan coatings with silver-decorated calcium phosphate microspheres
lowered bacterial viability up to 90% [16], and silver-doped β-tricalcium phosphate composite coatings
exhibited antibacterial activity and no adverse cytotoxic effects towards the cell line MG-63 [17].
Chitosan–cellulose composite films with AgNPs demonstrated excellent antibacterial properties
against Escherichia coli and Staphylococcus aureus [18]. Coatings comprising polyvinyl alcohol capped
with silver nanoparticles and based on a chitosan matrix demonstrated bactericidal activity against
E. coli and S. aureus [19]. Finally, chitosan–gelatin–nanosilver composite films also showed in vitro
antibacterial activity against E. coli and S. aureus [20].

Similar antibacterial effectiveness was also exhibited by nanocomposites of chitosan and nanosilver,
which demonstrated significant antimicrobial activity against Gram-negative Salmonella and a potent
anticancer effect [21], reduced fungal growth and caused morphological and ultrastructural changes in
the pathogen [22], and were effective against S. aureus, Bacillus sp., E. coli, Proteus sp., Pseudomonas sp.,
Serratia sp., and Klebsiella sp. and the fungal pathogens Aspergillus niger, Aspergillus flavus, Aspergillus
fumigatus, and Candida albicans [23]. Such nanocomposites demonstrated minimum bactericidal
concentration values of 39.1 and 312.5 μg/ml for E. coli and S. aureus, respectively, and did not exhibit
cytotoxicity to L-929 fibroblasts [24]. Chitosan hydrogels, reinforced with silver nanoparticles, revealed
ultra-high mechanical and high antibacterial properties against E. coli and S. aureus and were used to
accelerate wound healing [25].

The fundamental problem in the deposition of chitosan coatings is the perfect dispersion of
nanosilver particles in such coatings. To introduce and maintain dispersion in an electrolyte, numerous
surface dispersing agents are added to the bath, such as Tween 20, Tween 80, sodium dodecyl sulfate,
trisodium citrate, and Span 20 [26–30]. Among these, polysorbate 20 (Tween 20) is often used for
chitosan coatings because it provides a more stable, less aggregated suspension of metallic nanoparticles.
Furthermore, it reduces the interfacial tension and improves the adhesion of the chitosan coating to the
substrate [31,32].

All research conducted to date has clearly shown that chitosan–AgNP coatings demonstrate
high antibacterial efficacy against a significant number of Gram-positive and Gram-negative strains,
including fecal bacteria. However, the mechanical properties of such material systems, determined for
thin layers mainly via phenomena occurring at titanium–chitosan/AgNPs interfaces, and the surface
state have been much less investigated. In the present research, a nanotubular oxide layer was created
and used to improve the adhesion of chitosan–AgNP coatings obtained by electrophoretic deposition
(EPD), a technical solution often applied for different coatings, but seldom for the one investigated here.
Adhesion was also determined by the chemistry of the metallic surface, and the presented research is
likely the first study of this nature to apply the Ti13Zr13Nb alloy, the safest of all the titanium materials
applied for load-bearing implants.

2. Materials and Methods

2.1. Preparation of Specimens

The Ti13Zr13Nb alloy (SeaBird Metal Materials Co., Baoji, China) used as a substrate had the
composition shown in Table 1. Round samples, 4 mm thick, and with a 3.14 cm2 area, were cut from
rods of 40 mm diameter. The surface roughness was Sa = 0.15 μm, achieved by polishing with abrasive
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sandpapers, with No. 2000 as the last. Subsequently, the specimens were rinsed in pure isopropanol
and then in deionized water with an ultrasonic device (Sonic-3, POLSONIC, Warsaw, Poland) for
15 min. Finally, etching was performed for 10 min in 25% HNO3 to remove the native oxide layers [33],
after which the samples were once again rinsed with distilled water and air-dried.

Table 1. The chemical composition of the Ti13Zr13Nb alloy, wt.%.

Element Nb Zr Fe C N O Ti

wt.% 13.0 13.0 0.05 0.04 0.019 0.11 remainder

2.2. Electrochemical Oxidation of Ti13Zr13Nb Alloy

Electrochemical oxidation was done in a test solution of 10 mL of 85% orthophosphoric acid (1M
H3PO4) (Sigma Aldrich), 1.2 mL of 40% of hydrofluoric acid (HF) (both from Polskie Odczynniki
Chemiczne, Gliwice, Poland), and 150 mL of deionized water. The tests were carried out in a standard
electrical circuit comprising an electrochemical cell, a DC power source (MCP/SPN110-01C, Shanghai
MCP Corp., Shanghai, China), a platinum polarising electrode as the cathode, and the tested alloy as
the anode, placed at a distance of 10 mm. All tests were carried out at room temperature, at a constant
voltage of 20 V, and a charging time of 20 min. After oxidation, the specimens were rinsed in distilled
water and dried in air at ambient temperature for 24 h.

2.3. Electrophoretic Deposition of Chitosan—Nanosilver Coatings

The electrolytes were prepared by dispersing 1 g of high-weight chitosan (degree of deacetylation
> 75%; Sigma Aldrich, St. Louis, MO, United States) and 0.05 g of silver nanopowder (Hongwu
International Group Ltd, Guangzhou, China) with an average powder grain about 30 nm in 1 L of
1% acetic acid (Polskie Odczynniki Chemiczne, Gliwice, Poland). Two different electrolytes were
used, without (Suspension 1, Specimen A) or with (Suspension 2, Specimens B and C) 1 ml of Tween
20 (Polysorbate 20) (Sigma Aldrich, St. Louis, MO, United States) diluted in 1 L of 1% (v/v) acetic
acid. The electrolytes were then homogenized using a magnetic stirrer (at 250 rpm) for 24 h at room
temperature. The suspensions were prepared 1 h before deposition. The Ti13Zr13Nb specimen was
used as the cathode, and platinum was used as the anode. The electrodes were placed at a distance
of 10 mm. A DC power source (MCP/SPN110-01C, Shanghai MCP Corp., Shanghai, China) was
applied. The EPD was performed at 10 V (Specimens A and B) and 20 V (Specimen C) for 1 min at
room temperature. Finally, the as-deposited composite coatings were rinsed with distilled water and
air-dried at room temperature for 48 h. The test variables, their investigated combinations, and further
notes are presented in Table 2.

Table 2. Test variables, their investigated combinations, and further notes.

Specimen

Properties of Electrophoretic Deposition

Chitosan
Content (g)

Silver
Nanoparticle
Content (g)

Polysorbate 20
Content (ml) Voltage of

Deposition (V)

Time of
Deposition

(min)
1 L of 1% (v/v) Acetic Acid

A 1 0.05 - 10 1

B 1 0.05 1 10 1

C 1 0.05 1 20 1

2.4. Structure and Morphology of Composite TiO2—Chitosan—Nanosilver Coatings

The nanotubular TiO2 layer and coating surface were examined for each specimen with
a high-resolution scanning electron microscope (SEM JEOL JSM- 7800 F, JEOL Ltd., Tokyo, Japan),
equipped with a LED detector, at 5 kV acceleration voltage. The chemical compositions of the obtained
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coatings were determined using an X-ray energy dispersive spectrometer (EDS) (Edax Inc., Mahwah,
NJ, U.S.A.). Specimens with chitosan coatings (A, B, and C) were sputtered with a 10 nm thick layer
of gold using a table-top DC magnetron sputtering coater (EM SCD 500, Leica, Vienna, Austria) in
pure Ar plasma condition (Argon, Air Products 99.9%) before SEM and EDS techniques were applied.
The atomic force microscope (NaniteAFM, Nanosurf AGLiestal, Switzerland) was applied to examine
the surface topography. The examinations were carried out in non-contact mode at a force set up
at 55 mN. The roughness index Sa was calculated as the mean of several tests made over the area
of 50 × 50 μm. The X-ray diffraction method (XRD) (Phillips X’Pert Pro, Almelo, Netherlands) was
applied via a diffractometer (Cu Kα, λ = 0.1554 nm) in the 2θ range of 10–90◦ at a 0.02 step and
2 s/point, at ambient temperature and under atmospheric pressure. The Fourier-transform infrared
(FTIR) spectra were recorded with a spectrophotometer (Perkin Elmer Frontier, Poznań, Poland) at
a resolution of 2 cm−1 in the range of 400–4000 cm−1. For measurements in transmittance mode,
the samples were mixed with KBr and pressed to obtain pellets.

2.5. Silver Release in Simulated Body Fluid (SBF) Solution

The contents of Ag ions were determined after immersion of specimens A, B, and C in simulated
body fluid prepared according to PN-EN ISO 10993-15 by dissolving reagent grade chemicals:
(NH2)2CO (0.13 gL−1), NaCl (0.7 gL−1), NaHCO3 (1.5 gL−1), Na2HPO4 (0.26 gL−1), K2HPO4 (0.2 gL−1),
KSCN (0.33 gL−1), and KCl (1.2 gL−1) in 1 L of deionized water. The immersion times were 1, 3,
and 7 days at 39 ◦C. The silver contents were determined using atomic absorption spectrometry
(SensAA DUAL, GBC Scientific Equipment Pty Ltd, Australia). A dual-beam optical system with
a deuterium lamp was applied for background correction, and a silver hollow cathode lamp (0.4 mA)
was the radiation source. The wavelengths used for such analyses were 328.1 and 338.3 nm, and the
slit width was 0.5 nm in both cases. To prepare the calibration curve, an Ag basic standard solution
with a content of 1000 mg/L in 2% HNO3 (VWR Chemicals) was applied. The first standard solutions
at a concentration of 10 mg/L were prepared by diluting 1000 mg/L stock solutions. Six subsequent
standard solutions were prepared for the calibration curve, at 0.1, 0.3, 0.5, 1.0, 2.0, and 3.0 mg/L.
The linear regression method was used to create the calibration curve. The R2 coefficient was equal to
0.998, which proved acceptable linearity.

2.6. Mechanical Studies—Nanoindentation and Nanoscratch Tests

Nanoindentation tests were performed with the NanoTest™ Vantage (NanoTest Vantage, Micro
Materials, Wrexham, UK) equipment equipped with a Berkovich three-sided pyramidal diamond.
Fifty (5 × 10) independent measurements of nanoindentation for the reference Ti13Zr13Nb sample,
Ti13Zr13Nb–TiO2, and Ti13Zr13Nb–TiO2–chitosan–nanosilver tested specimens (A, B, and C) were
carried out. The maximum applied force was 50 mN, the loading and unloading rates were set up at
20 s, and the dwell period at the maximum load was 10 s. The distances between the subsequent indents
were 20 μm. During the indent, the load-displacement curve was determined based on the Oliver and
Pharr method. Afterward, surface hardness (H) and reduced Young’s modulus (Er) were calculated
using the integrated software. Estimating Young’s modulus (E), Poisson’s ratios of 0.33, 0.3, and 0.4 were
assumed for the reference Ti13Zr13Nb, Ti13Zr13Nb–TiO2, and Ti13Zr13Nb–TiO2–chitosan–nanosilver
specimens (A, B, and C, respectively).

Nanoscratch tests were made using the same device and the indenter for each specimen. The scratch
tests were repeated 10 times while increasing the load from 0 mN to 200 mN at a loading rate of
1.3 mN/s at a distance of 500 μm. The adhesion of the coating was assessed as the stress corresponding
to an abrupt change in frictional force during the test.

2.7. Contact Angle Studies

The three water contact angle measurements of the reference Ti13Zr13Nb, Ti13Zr13Nb–TiO2 and
Ti13Zr13Nb–TiO2–chitosan–nanosilver specimens (A, B, and C) were taken with the contact angle
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instrument (Goniometer, Attention Theta Life, Biolin Scientific, Espoo, Finland) at room temperature
10 s after the dropout.

2.8. Statistical Analysis

Statistical analysis of the data was performed using a one-way ANOVA (analysis of variance).
The Kolmogorov–Smirnov test was used to assess the normal distribution of the data. Statistical
significance was set at p < 0.05. All of the results are presented as the mean ± standard deviation (SD).

3. Results and Discussion

3.1. Structure and Morphology of Composite TiO2–Chitosan–Nanosilver Coatings

The morphology and cross-section of a nanotubular titanium dioxide layer are presented in
Figure 1. The homogeneous layers possessed nanotubes, which were 0.78 ± 0.10 μm long, about 120 nm
in inner diameter, and 25 nm of wall thickness. TiO2 nanotubes were aligned vertically and densely
packed. The TiO2 nanotube layers were previously obtained on a titanium alloy using electrolytes with
orthophosphoric acid and hydrofluoric acid [34,35]. Nanotubular titanium dioxide layers designed to
ensure better adhesion between the substrate and coatings and for improved corrosion resistance of
titanium alloy have also been investigated in the past [36,37].

 

Figure 1. Nanotubular dioxide TiO2 on the Ti13Zr13Nb alloy (topography—left, thickness—right),
Magnifications 16,000 × (on left) and 32,000 × (on right).

Figure 2 shows homogenous chitosan coatings for three nanotubular titanium dioxide specimens
produced (regardless of the EPD voltage or electrolyte) on the Ti13Zr13Nb alloy. The micrographs
were prepared to examine the dispersion of Ag nanoparticles on chitosan coatings produced in a single
process (EPD of chitosan with nanoparticles). For Specimen A (without dispersant in the electrolyte),
large agglomerates of nanosilver were obtained (Figure 2A). The presence of dispersant in electrolytes
used for the coating of Specimens B (Figure 2B) and C (Figure C) reduced the tendency of nanosilver
agglomerates to form. The cracks visible at high magnifications were the result of gold sputtering
on samples.

g p

 

Figure 2. Chitosan coatings with nanosilver on the TiO2 layer on the Ti13Zr13Nb alloy, Specimens A,
B, and C. Magnifications 1000 × (on the left), 5000 × (at the center) and 25,000 × (on the right).
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The surface morphology and area roughness of titanium alloy Ti13Zr13Nb, TiO2 nanotube arrays,
and the chitosan-based composite coating, characterized by AFM as 3D images, are shown in Figure 3.
The roughness, determined by process parameters, is listed in Table 3.

 
Figure 3. Atomic force microscopy (AFM) topography of the Ti13Zr13Nb substrate, the substrate with
the TiO2 nanotubular layer, Specimens A, B, and C.

Table 3. Roughness parameters of the reference specimen, TiO2 layer, and chitosan composite coatings.

Properties

Specimen Sa Parameter (μm)
Thickness (μm);

(mean ± SD; n = 10)

TiO2 layer on Ti13Zr13Nb alloy 0.07 0.78 ± 0.10

A 0.10 0.78 ± 0.08

B 0.08 0.22 ± 0.04*

C 0.11 3.18 ± 0.18*

reference Ti13Zr13Nb alloy 0.15 -

* significantly different from Specimen A (analysis of variance (ANOVA) p < 0.05)

A significant change in surface topography occurred following the anodization and electrophoretic
deposition of the composite chitosan coatings. The addition of polysorbate 20 made the roughness
lower because it is a compound that decreases surface tension and thus enhances the formation of the
homogenous layer. An increase in voltage resulted in a small increase in the roughness and a 4-fold
increase in coating thickness caused by the increasing amount of particles delivered to the surface
in a time unit, always associated with a tendency to create thick and more porous layers. Moreover,
the experiments confirmed that an increase of applied voltage caused the formation of more bubbles in
chitosan coatings, which was the result of water hydrolysis during the EPD process and hydrogen
evolution at the deposition electrode [38]. Higher voltage increases the intensity of this process, which
results in more porous coatings [39]. The thickness of the composite coating was negatively influenced
by the addition of polysorbate 20, which could be attributed to closer packing of particles (lower
roughness). The presence of TiO2 decreased the surface roughness due to the surface preparation
before anodizing. Even on an unpolished surface with a high roughness parameter (0.15 μm), titanium
dioxide was formed at the same rate across the entire surface, which thus created a homogenous layer
and decreased the surface’s roughness.

The thickness values of the chitosan composite layers are shown in Figure 4 and presented in
Table 3. The thickness of the coatings correlated with the results shown in SEM images (Figure 2) and
AFM topographies (Figure 3). The nanotubular titanium dioxide layer was distinctly observed under
the thinnest chitosan coating by both SEM and AFM (Specimen B). The presence of polysorbate 20 for
specimens obtained at 10 V decreased the thickness of the layer (Specimens A and B).
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Figure 4. Chitosan composite coatings on TiO2 on Ti13Zr13Nb. Three different parts of chitosan coating
are shown in subfigures; arrows indicate one of the coating interfaces.

Figures 5 and 6 show the elemental distribution map and chemical composition of selected areas
for Specimens A and B. The EDS map for Specimen A, shown in Figure 5, confirmed the occurrence of
agglomerates of silver nanoparticles larger than those found in Specimen B. The EDS map for Specimen
B, shown in Figure 6, proved an improved dispersion of silver nanoparticles following the use of
dispersant (polysorbate 20) and, consequently, the appearance of a larger specific surface area with
silver nanoparticles. For both specimens, A in Figure 5 and B in Figure 6, mapping Ti and O elements
revealed a uniform distribution of nanotubular titanium dioxide on the Ti13Zr13Nb alloy.

Figure 5. Elemental distribution map and chemical composition from a selected area, Specimen A.

Figure 6. Elemental distribution map and chemical composition from a chosen region, Specimen B.

EDS mapping required collection of a stable image over about 30 min, which proved to be
impossible for Specimen C. This was caused by the excessive thickness of the chitosan layer which,
being an electrical insulator, resulted in image drift (a blurred image) during the EDS mapping, despite
the sputtering of the gold layer. The highest content and more dispersed silver nanoparticles on
Specimen B resulted in a more prolonged silver release to the surrounding implant tissue and, in
consequence, a more effective bactericidal effect of these particles. The formation of agglomerates
of silver nanoparticles has been previously reported [40,41]. The adverse impact of silver particles’
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agglomeration on antimicrobial behavior has been explained as being due to decreasing contact
between nanoparticles and bacterial cells. Silver nanoparticle agglomeration reduces their antibacterial
effects and inhibits the release of silver ions, as the agglomerates have a lower surface-to-volume
ratio and lower contact possibility with bacteria in comparison to nanoparticles. The problem of
silver nanoparticle agglomeration may be solved by adding dispersing agents like polysorbate 20 to
their suspension, which stabilizes Ag nanoparticles by enhancing the electrostatic repulsive forces
between them.

The X-ray diffractograms of the tested specimens are depicted in Figure 7. In each of them, peaks
can be observed that can be attributed to the Ti13Zr13Nb substrate (Figure 7) [42]. For the sample with
the TiO2 nanotubular layer, the difference in relative intensities of the primary phases (support) of
peaks at the 2θ range of 35–42◦ may have been linked to the formation of the layer visible in the SEM
and AFM micrographs (Figures 1 and 3, respectively).

Figure 7. X-ray diffractogram of the Ti13Zr13Nb substrate, and the substrate with the TiO2 nanotube
layer, Specimens A, B, and C. The peak intensities are normalized.

Due to the overlapping of peaks, the crystalline structure of the titania nanotubes could not be
determined. Similar results were reported previously for nanotube layers formed on pure titanium via
anodization, where nanotube arrays of mixed-phase rutile and anatase were developed [43]. In the
samples with the chitosan–nanosilver layer, the standard for amorphous chitosan broad maximum
could be identified only for specimen A (2θ = 15–25◦); however, its relative (to main phase peaks)
intensity was very low [44]. The visible peaks (2θ = 38 and 44◦) were attributed to the cubic crystalline
structure of silver (ICDD 01-087-0717). Nevertheless, due to low concentration and nanocrystallinity,
their intensity was very low. The main peak of the nanosilver phase overlapped with the support
material peaks.

Figure 8 demonstrates the FTIR spectra of the investigated materials. A clear spectrum of chitosan
was observed for Specimen C, with the most pronounced chitosan layer. The measured spectrum
corresponded to other results on stand-alone and composite chitosan from the literature [45–49].
The main bands appearing in that spectrum were due to stretching vibrations of OH groups in the range
from 3750 cm−1 to 3000 cm−1, which overlapped with the stretching vibration of N-H and the C–H
bond in –CH2 and –CH3 groups, respectively [45,50]. Bending vibrations of methylene and methyl
groups were visible at 1375-1430 cm−1 [51]. Absorption in the range of 1680–1480 cm−1 was associated
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with the vibrations of carbonyl bonds (C=O) of the amide groups [52], and absorption from 1160 cm−1

to 1000 cm−1 was associated with vibrations of CO [48]. The band located at around 1150 cm−1 was
related to asymmetrical vibrations of CO in the oxygen bridge resulting from the deacetylation of
chitosan, and the bands near 1080–1025 cm−1 were associated with C-O stretching [48]. The small peak
at ~890 cm−1 corresponded to the wagging of the saccharide structure of chitosan [46].

Figure 8. Fourier-transform infrared (FTIR) spectra of the Ti13Zr13Nb substrate and the substrate with
the TiO2 nanotube layers: Specimen A, Specimen B, and Specimen C.

3.2. Silver Release in Simulated Body Fluid (SBF) Solution

Ag total contents in solutions to which the specimens were exposed are presented in Figure 9.
It was noted when the time of specimen exposure increased, the Ag concentration increased. Taking
into account the calculated deviations of measured values, the increase in Ag content in solutions was
0.013–0.036 mg/L per day of exposure. The mean value of the increase of the Ag concentration can thus
be expressed as an average of 0.025 mg/L per day of exposure, providing proof of the process of slow
transport of Ag ions from tested materials to SBF.

Figure 9. Cumulative concentrations of Ag ions released from chitosan composite coatings deposited
on the nanotubular layer after 1, 3, and 7 days exposure in simulated body fluid (SBF) at 39 ◦C. Data are
presented as the mean ± SD (n = 4). * p < 0.05; one-way ANOVA with Bonferroni post hoc correction.

Nowadays, postoperative infection is one of the main problems in orthopedic surgeries.
The bactericidal properties of 35 ppb silver have been reported [53], and the most biofilm-forming
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bacteria are found on the surface of implants [54]. Positive effects of released silver particles were
observed for all tested specimens after 1 day when the risk of bacterial inflammation could be the
highest. The slow release of silver nanoparticles into the SBF may have been caused by the presence of
numerous hydroxyl and amine groups with a strong affinity to metallic elements such as silver [55].
A local increase in Ag content within the adjacent tissues in a human body will thus occur and prevent
possible local inflammation states, which, consequently, will ensure long-term antibacterial protection.
Moreover, the reference dose for allowable oral exposure of Ag, as defined by the US EPA (United
States Environmental Protection Agency) is 0.005 mg of Ag/kg of body mass per day and, considering
the maximum Ag release rate determined here, the maximum daily allowable consumption of Ag will
not be exceeded in an average adult [56].

Bacterial inactivation may occur via two different actions: at the direct contact of bacteria with
nanosilver at the interface or by the interaction of bacteria and the silver ions that appear during
the dissolution of nanosilver [57–59]. The present results did not support either hypothesis, but
the direct contact of silver ions and bacteria in solution seems more probable, as the antibacterial
efficiency followed the silver release. Additionally, more bacteria could be present in solution than at
the silver–solution interface, and more precisely at the surface of the nanosilver aggregates.

3.3. Mechanical Studies—Nanoindentation and Nanoscratch Tests

The results of the nanoindentation test are shown in Figure 10. Typical nanoindentation properties
such as hardness, Young’s modulus, maximum depth, plastic and elastic work, and H3/E2 factor were
investigated. The remarkable standard deviations were characteristic of nanoindentation. For all
of the Ti13Zr13Nb titanium surface modifications, decreasing nanohardness, Young’s modulus,
and H3/E2 factors were observed compared to the reference Ti13Zr13Nb alloy. The research proved
a significant difference between Specimens A and B, and Specimens A and C for all studied
nanoindentation properties.

Figure 10. Nanomechanical properties: (a) hardness, (b) Young modulus, and (c) H3/E2;
nanoindentation properties: (d) maximum depth, (e) plastic work, and (f) elastic work for Ti13Zr13Nb
substrate, substrate with the TiO2 nanotube layer, Specimen A, Specimen B, and Specimen C. Data are
presented as the mean ± SD (n = 50). A significant difference was observed between the Ti13Zr13Nb
control specimen (ANOVA with Bonferroni post hoc correction *p < 0.05) and Specimens A, B, and C
(ANOVA with Bonferroni post hoc correction #p < 0.05).
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The H3/E2 factor was calculated using the results for the nanoindentation test. The H3/E2

factor describes the resistance of a material to plastic deformation [60]. The deposition of composite
coatings on the nanotubular layer caused a decrease in hardness and Young’s modulus, except when
a simultaneous deposition was made in the presence of a surface-active compound at a lower voltage
value. This was assumed to be an effect of the close packing and high density of coatings obtained
under such conditions. Mechanical properties such as hardness and Young’s modulus are one of the
most essential features for long-term and load-bearing implants. It has been proven that a significant
difference between the properties of human bone and an implant can cause the “shielding effect”
and, in consequence, a danger of loosening the implant [61]. The hardness and Young’s modulus
of Ti13Zr13Nb decreased after anodization, as reported previously by Chernozem et al. [60] and
Crawford et al. [62]. A value of Young’s modulus close to that of human bone (10–30 GPa) was obtained
for Specimen C, characterized by the lowest nanohardness and E3/H2 factor value [33]. It was expected
that the specimens coated with chitosan (A, B, and C) would be characterized by lower nanomechanical
properties than the Ti13Zr13Nb alloy and Ti13Zr13Nb after the anodization process, but, because of
the small thickness of the chitosan coatings on Specimen B (about 0.22 μm), nanomechanical tests for
this specimen probably involved to a significant extent the TiO2 layer under the coating. This fact was
confirmed by the lack of considerable difference between the nanohardness and Young’s modulus
values of the TiO2 layer and Specimen B.

The results of the nanoscratch studies are shown in Table 4. The addition of the surface-active
substance did not influence critical friction, but significantly decreased the load representative of the
delamination force of the layers/coatings.

Table 4. Nanoscratch test properties of the TiO2 layer and chitosan composite coatings (mean ± SD; n = 10).

Nanoscratch Test Properties

Specimen Critical Friction (mN) Critical Load (mN)

TiO2 layer on Ti13Zr13Nb alloy 58.22 ± 20.43 85.95 ± 28.00

A 100.72 ± 9.31* 152.59 ± 13.93*

B 101.58 ± 41.76* 79.91 ± 25.44#

C 106.65 ± 28.97* 85.48 ± 30.34#

* significantly different from TiO2 layer on Ti13Zr13Nb alloy (ANOVA p < 0.05). # significantly different from
Specimen A (ANOVA p < 0.05).

The highest adhesion to the bare surface was revealed for Specimen A. Values of the critical
force were increased almost 2-fold for specimens with chitosan layers on TiO2 compared with a single
TiO2 layer. Nowadays, the nanoscratch technique is preferred for determining the adhesion of thin
layers and coatings [63–66]. The layers and coatings for implants should possess high adhesion to
metallic substrates, in particular against shear stresses, and the nanoscratch test used here allows such
expectations to be assessed. Unfortunately, to date, there has been almost no research conducted on the
use of this technique on chitosan coatings. However, Tozar [67,68] determined only a friction coefficient
in the nanoscratch sliding test as well as hardness and Young’s modulus in the nanoindentation test
for chitosan–hydrixyapatite–collagen coatings.

3.4. Measurements of the Contact Angle

The wettability of all specimens was in the range of values characteristic of high biocompatibility
(Figure 11), which confirmed the hydrophilic character of the investigated surfaces (θ < 90◦).
The wettability of a surface is crucial for cell attachment [38]. The recommended contact angle
values needed for the best attachment to cells for bone replacement implants are 35–85◦, and the
optimal value is 55◦ [69]. All investigated surfaces fulfilled this criterion. Moreover, Specimens B and
C are closest to the optimum contact angle value.

97



Coatings 2020, 10, 245

Figure 11. Water contact angle at room temperature for the reference non-coated specimen, TiO2 layer,
and chitosan composite coatings. Data are presented as the mean ± SD (n = 3). * p < 0.05; one-way
ANOVA with Bonferroni post hoc correction.

The differences observed between uncoated and coated specimens, and for each coating, were tiny
or fell within the standard deviations. The addition of the surface-active substance somewhat increased
the wettability, but no explanation for this was found. The most likely reason is that the presence
of polysorbate 20 in the chitosan coatings decreased the surface tension for Specimens B and C, as
suggested by Ziani et al. [31], who applied Tween 20 as a surface-active substance. As a consequence,
the decrease of the surface tension increased the water contact angle (Specimen B and C), which
was a consequence of the presence of silver nanoparticles in specimens B and C provided that they
were not agglomerated. Similar results have been previously reported [70]. Agglomeration of silver
nanoparticles (as for Specimen A) resulted in an increase of hydrophobicity and contact angle in
comparison to well-dispersed nanoparticles.

4. Conclusions

Chitosan–nanosilver coatings were deposited on the nanotubular oxide layer of Ti13Zr13Nb alloy
using the electrophoretic technique. The coatings were, at the applied solution and process parameters,
homogeneous and well adjacent to the base, and demonstrated slow dissolution of nanosilver into the
simulated body fluid.

The addition of a surface-active compound resulted in a small decrease in roughness, an increase
in nanohardness, faster liberation of silver ions, and a reduction of critical load in a scratch test of
tested composite coatings, which was attributed to a smoother and more packed (less porous) surface.

The increase in EPD voltage caused a high increase in coating thickness, a decrease in hardness,
faster dissolution of nanosilver, and a small increase in the critical load and friction force of
tested coatings.

The best process deposition parameters for the tested composite chitosan–nanosilver coating,
the nanotubular oxide layer, and the Ti13Zr13Nb alloy as a substrate, used as an electrolyte 1 g/L of
high-weight chitosan with a degree of deacetylation > 75%, 0.05 g/L of nanosilver with an average
particle size of about 30 nm, and 1 ml/L of Tween 20 (polysorbate 20) solution in 1% aqueous acetic
acid; EPD voltage 10 V and time 1 min at room temperature.
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Abstract: Titanium (Ti) and its alloys are widely recognized as preferred materials for bone implants
due to their superior mechanical properties. However, their natural surface bio-inertness can hinder
effective tissue integration. To address this challenge, micro-arc oxidation (MAO) has emerged as
an innovative electrochemical surface modification technique. Its benefits range from operational
simplicity and cost-effectiveness to environmental compatibility and scalability. Furthermore, the
distinctive MAO process yields a porous topography that bestows versatile functionalities for bi-
ological applications, encompassing osteogenesis, antibacterial, and anti-inflammatory properties.
In this review, we undertake an examination of the underlying mechanism governing the MAO
process, scrutinize the multifaceted influence of various factors on coating performance, conduct
an extensive analysis of the development of diverse biological functionalities conferred by MAO
coatings, and discuss the practical application of MAO in implants. Finally, we provide insights into
the limitations and potential pathways for further development of this technology in the field of
bone implantation.

Keywords: titanium (Ti); micro-arc oxidation; surface modification; implants; biologic function

1. Introduction

The latest statistics show that by mid-century, the global population aged 65 or over is
expected to more than double to a staggering 1.6 billion people [1]. An aging population
means a larger population base of chronic diseases, and bone and joint diseases. In dentistry
and orthopedics, implants, with titanium (Ti) and its alloys as the preferred choice among
various materials, have become a common approach for treating conditions due to their
exceptional biocompatibility and mechanical properties [2]. Despite the vast potential for Ti
and its alloys, there are still limitations to surface bioactivity. They often exhibit biological
inertness, limiting the close integration of implants with surrounding tissues. Furthermore,
Ti alloys are susceptible to microorganisms, increasing the risk of postoperative infections,
and threatening the prognosis of patients. To tackle these issues, apart from alloying [3–5],
surface treatment proves to be an effective approach as well. Common methodologies
encompass atmospheric plasma spraying [6], laser treatment [7], anodizing [8], micro-
arc oxidation (MAO), and biomimetic deposition of apatite [9] or other biomaterials [10].
Among the various surface modifications available, MAO has garnered significant attention
due to its simplicity of operation, cost-effectiveness, and applicability to complex devices.
Through MAO, the surface of Ti-based implants can undergo alterations in microstructural
features and chemical composition, rendering them more suitable for tissue adhesion and
effectively reducing the risk of infections [11]. The specific impacts of MAO on the substrate
surface can be found in Table 1.
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Table 1. A comparison table with the improved properties of MAO coatings on titanium alloys and
uncoated ones.

Performance Uncoated Ti Alloy Coated Ti Alloy Reference

Topography Smooth or machined Rough and porous [12,13]
Chemical composition Ti alloy Ceramics dominated by TiO2 [12,13]

Hardness Relatively not hard Relatively hard [13,14]

Wear resistance Relatively not
wear-resistant Relatively wear-resistant [15,16]

Corrosion resistance Corrosion-resistant More corrosion-resistant [12,14,17]
Bioactivity Biological inert Biological activity [12,18]

In this review, we aim to provide an overview of MAO applied to the preparation
of coatings on Ti and its alloys for biomedical applications over the past 5 years, espe-
cially orthopedic and dental implants. This review encompasses an analysis of the factors
influencing the coating preparation process, and an examination of the biological function-
alities of these coatings and their applications. Finally, we highlight the challenges and
future directions for the application of MAO in metal implants and make a vision for the
development of surface coatings for metal implants.

2. The Process of MAO

2.1. The Mechanism of MAO

MAO involves plasma discharge, but it differs from traditional plasma electrolytic
discharge techniques like plasma cutting or welding. It is often confused with anodic
oxidation (AO), but they do indeed represent different processes and technologies. MAO
typically requires a higher voltage and shorter processing times, and the type of electrolyte
used, as well as the characteristics of the resulting coating, are significantly different from
AO [19].

At present, most researchers divide the MAO process into three, which are spark
discharge, micro-arc discharge, and arc discharge. Some add the early short anodizing
phase, for a total of four stages [11,20].

The formation mechanism of MAO coatings is essentially similar, regardless of the
electrolyte or control mode used. Taking the constant current mode as an example, Figure 1
illustrates the changes during the MAO process. In the first stage, as the current increases,
the voltage linearly increases, initiating the traditional anodic oxidation phase, involving
only electrochemical reactions. At this stage, a porous insulating film with a columnar
structure perpendicular to the substrate is formed on the metal substrate, accompanied by
gas generation, serving as precursors for igniting plasma discharge [21].

With the increase in current, the voltage on the coating also rises, moving on to
the second and third stages. Once the voltage exceeds the critical threshold, known as
breakdown voltage, it leads to spark discharge. There are various areas of defects, stress
concentrations, and uneven thickness on the coating, and these vulnerable areas are the
first to break down. This is the micro-arc discharge stage. In the later stage, when the
maximum thickness of the porous oxide film is approached, the oxide film grows slowly
with the increase in time, which is the arc discharge stage [23].

The phenomenon of micro-arc discharge and arc discharge is very similar, with only
a slight difference in energy level. Two models of arc discharge have been proposed:
one involving dielectric breakdown of the oxide film [24], and the other involving gas
breakdown within micro-pores [25]. Both models result in the generation of high-energy
plasma, possibly coexisting. Optical Emission Spectroscopy (OES) and Intensified Charge
Coupled Device (ICCD)-based spectral systems provide real-time imaging of the MAO
discharge process (Figure 2). The bright spots in the figure represent sparks, and over
time, the intensity and range of sparks increase, indicating a larger pore size formed on the
surface of the oxide film [26].
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Figure 1. Voltage–time curve and various stages of the MAO process [22].

 

Figure 2. Micro-discharge phenomena at various stages of the MAO process on the same sample:
(a) 15 s; (b) 30 s; (c) 150 s; (d) 300 s; (e) 600 s; (f) 1200 s [26].

Stojadinovic et al. [27] used OES-ICDD to record real-time discharges. Two types
of plasma micro-discharge were observed during this process, with electron densities of
Ne = 3.8 × 1015 cm−3 and Ne = 4.5 × 1016 cm−3, and electron temperatures ranging from
Te = 3700 ± 500 K. Plasma discharge generates high temperatures, causing thermal decom-
position of water molecules, producing more hydrogen and oxygen, further promoting
plasma discharge. Oxides undergo melting ejections at high temperatures, encountering
rapid solidification and recrystallization in contact with the cold electrolyte, depositing on
the coating surface. A study [28] classified discharges into types a, b, and c, representing
surface, internal, and intermediate discharges in coatings, leading to inward/outward
growth of the coating. In this process, numerous white sparks scatter randomly and flicker
on the workpiece surface [29]. As the discharge intensifies, the voltage increase rate slows
down. With the melting and solidification of oxides, the thickness of coatings rapidly
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increases, and gas release and breakdown discharge generate pores. The number of sparks
decreases, and the color changes from white to yellow. This marks the transition to the
micro-arc discharge stage, a crucial phase in coating growth. As the reaction continues, the
voltage stabilizes, entering the strong arc discharge stage. The spark discharge diameter
gradually increases, turning orange-red, accompanied by a sharp noise. Intense discharge
can cause spattering of coating materials and localized severe ablation characteristics.

Stress-induced cracking cannot be avoided during the rapid solidification process in
contact with the cold electrolyte [30]. The resulting coating usually consists of a thinner
internal dense layer and a thicker external porous layer, with thickness ranging from 1 to
100 μm [31]. To produce high-quality coatings, precise control of MAO process parameters
is crucial, mainly including electrolytes, electrical parameters, and substrates.

2.2. Electrolyte

An electrolyte plays a pivotal role in the quality of MAO coatings. It directly influences
the composition of coatings and exerts a significant impact on their growth mechanisms [31].
In the realm of MAO, electrolyte systems are traditionally classified by the anion type
employed, including phosphate, silicate, borate, and aluminate. In recent years, organic
phytic acid has gained recognition as an electrolyte for the MAO of biomedical alloys.
Earlier practices involved acidic electrolytes [27], but recent mainstream electrolytes are
typically alkaline with an ideal pH of around 13 [11]. The concentration, pH, electrical
conductivity, additives, and temperature variations all influence coating formation.

In terms of electrolyte types, silicate and phosphate demonstrate better biocompat-
ibility because Si and P elements promote osteogenesis [32]. When examining coating
characteristics under similar conditions, it is observed that in the silicate electrolyte sys-
tem, coatings grow more rapidly and to a greater thickness compared to other electrolyte
systems. These coatings also exhibit increased roughness but relatively weaker adhesion
to the metal substrates [33]. Consequently, such coatings often possess inferior wear re-
sistance and corrosion resistance. The resulting bioceramic coatings primarily consist of
rutile, anatase, and amorphous silica phases. In the phosphate electrolyte system, MAO
coatings tend to be thinner but more compact, with lower roughness. They feature uni-
form, micrometer-sized pores, and exhibit strong adhesion to the substrate. These coatings
consist primarily of anatase and rutile phases, providing excellent corrosion and wear
resistance [30,34]. Silicate results in outward coating growth with poor adhesion due to
oxide deposition, while phosphate promotes inward growth with strong adhesion linked
to substrate oxidation. Combining silicate and phosphate achieves a balanced effect. The
addition of calcium to the phosphate electrolyte can induce the formation of bone-like
hydroxyapatite (HA), a biologically active material [32].

Due to the susceptibility of borates to hydrolysis, their solutions exhibit higher alka-
linity and electrical conductivity. In the sodium tetraborate electrolyte, surfaces of Ti-based
alloys undergo more intense discharges, resulting in the formation of a distinctive “channel-
like” or “cortex-like” micro/nanostructure in the coatings (Figure 3). These coatings exhibit
enhanced hydrophilicity and osseointegration. They are primarily composed of anatase,
rutile TiO2, and amorphous boron oxide [35]. Wang et al. [36] used sodium tetraborate
to create a micro/nanoscale porous structure on the surface of a Ti-20Zr-10Nb-4Ta alloy.
Results indicated that discharges in sodium tetraborate electrolytes lasted longer, com-
pared to phosphate electrolytes, resulting in a larger pore size and higher porosity in
the coatings.

When utilizing aluminate electrolytes, the coatings tend to precipitate aluminum
oxide (or crystalline aluminum titanate, TiAl2O5), which provides higher hardness and
stability. Consequently, these coatings often display excellent resistance to wear and
corrosion [37,38]. Jiang et al. [39] employed phosphate, silicate, and aluminate electrolytes
to prepare MAO coatings. They found that coatings produced in aluminate electrolytes
had the densest structure. It is imperative to acknowledge that aluminate, which exhibits
relatively poor stability, is susceptible to hydrolysis, leading to the formation of aluminum
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hydroxide. The presence of aluminum ions may potentially have detrimental effects on
the human body. Consequently, the use of aluminate electrolytes in surface modification
for biomedical metals has seen a gradual decline. In recent years, organic phytic acid has
begun to find applications in the electrolytes of MAO [40,41]. It is an organic molecule rich
in phosphorus elements, resulting in MAO films composed of anatase, rutile, and Ti2O7. It
imparts outstanding biocompatibility to the coatings.

 

Figure 3. The electrolytes used on the surface SEM (a–d) are Li2B4O7, Na2B4O7, K2B4O7, and
Na2HPO4, respectively. From top to bottom are the corresponding enlarged view (e–h), the cross-
sectional view (i–l), and the water contact angle (m–p). LiMC, NaMC, and KMC are “cortex-like”,
and PMC is “volcanic crater-like” [35].

The anions in the electrolyte are involved in the discharge and coating formation
processes, while cations typically influence the conductivity through concentration [42,43].
Conductivity is generally in the range of 5–100 mS/cm for the MAO electrolyte [41]. During
the process, the conductivity of the electrolyte also changes, and the aging of the electrolyte
is a noteworthy issue [44]. The conductivity is critical, influencing current and voltage
within the narrow pores, thereby affecting the initiation of plasma discharge [27]. In
the same anion electrolyte system, increasing conductivity leads to thicker coatings and
reduced defects [45].

Currently, the incorporation of nano- and micro-particles into coatings is recognized
as a primary approach for enhancing coating properties and expanding the scope of their
chemical composition [46]. So far, various nanoparticles (NPs) (5–100 nm) and microparti-
cles (0.18–44 μm) have been employed. These enhancements encompass a wide range of
properties, including corrosion resistance, mechanical strength, tribological performance,
and biocompatibility. For instance, the incorporation of graphene oxide (GO), TiO2, and
ZrO2 enhances the corrosion resistance and tribological characteristics of coatings, while
the inclusion of HA improves the biocompatibility [47]. In terms of composition, some
elements are beneficial for improving the biological activity of the material and further
enhancing the osseointegration, such as P [48], Si [49], Ca [50], Zr [6], and Sr [32]. The
addition of Ag, Cu, and Zn imparts antibacterial properties to the coatings [51]. Incorporat-
ing particles into coatings is complex due to their limited solubility in aqueous solutions.
These particles may remain unchanged in size and shape or melt during micro-discharge,
influencing the composition, microstructure, and other properties of coatings. Key factors
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affecting these reactions at the solid–liquid interface include zeta potential, melting point,
and particle size [22].

Zeta potential signifies the electrical charge at the particle–fluid interface, with high,
negative zeta potential being favorable in electrolytes for stability, resisting agglomeration,
and settling [15]. Adjusting the pH of the electrolyte can shift the zeta potential toward
negativity. By measuring the zeta potential, Necula et al. [52] established optimal condi-
tions for Ag incorporation in the Keronite electrolyte. Melting point and particle size are
two other critical factors affecting incorporation, because of the elevated local temperatures
during the MAO treatment (~2700 ◦C) [53]. Particles with high melting points, such as
CeO2 and SiC, tend to remain inert or partially reactive regardless of their size. On the
other hand, particles with lower melting points are more prone to reactive incorpora-
tion, resulting in mixed-oxide coatings within the discharge channels during the MAO
process. As an example, SiO2 particles with a low melting point have been successfully
incorporated into MAO coatings. Nanometric particles (around 12 nm) showed active
integration, while micrometric particles (1–5 μm) remained inert [54]. To mitigate additive
agglomeration, various strategies are available, including the utilization of chelating agents
and organic acids, such as nitrilotriacetic acid (C6H9NO6), phosphoric acid (H3PO4), phytic
acid (C6H18O24P6), and disodium EDTA (Na2EDAT·2H2O). These approaches help create
stable and chemically compatible solutions or suspensions [55].

Electrolyte temperature significantly impacts the discharge. There is a non-linear
relationship between temperature and coating thickness. Initially, a higher temperature
improves corrosion and wear resistance, peaking at 40 ◦C, but then it declines. Rapid
temperature changes in the electrolyte pose challenges to process stability [56]. Electrolyte
temperature fluctuations impact the properties of MAO coatings. Higher temperatures
can lead to excessive discharging, causing uneven surface topography in the coating [11].
Coatings produced at 278 K have lower porosity than those at higher temperatures due to
larger pores and increased pore density, resulting in reduced adhesion to substrates [57]. To
obtain high-quality coatings, it is advisable to use a cooling system to keep the electrolyte
temperature around 20 ◦C, with a maximum not exceeding 40 ◦C [58].

2.3. Electrical Parameters

In the MAO process, the performance of the coating is influenced not only by the
electrolyte but also by various electrical parameters, including processing time, current
mode, current density, and frequency.

In the standard power mode of the MAO process, different current modes can be
employed, including direct current (DC) and alternating current (AC). Currently, the pulsed
current is also widely used in MAO treatment, including both DC pulse power and AC
pulse power, whether a unipolar or bipolar pulse [59]. The DC mode results in slower oxide
growth and increased porosity, though it offers less control. Implementing pulsed DC may
improve control over discharge duration and reduce energy consumption [60]. Compared
to DC power, AC power can swiftly mitigate electrode polarization by intermittently
interrupting the electric arc. It provides increased flexibility, improves process control
efficiency, and enhances coating quality. Currently, the use of AC-pulsed bipolar MAO
power sources is widespread due to their capacity to produce superior coatings. These
coatings exhibit a greater thickness, higher micro-hardness, and enhanced adhesion to
substrates [61]. This effectiveness is attributed to their ability to mitigate the impact of high-
intensity plasma discharges and reduce the occurrence of high-temperature spikes [62]. In
different power modes, constant current and constant voltage modes can be employed.
A work [63] demonstrates that, when using the constant direct current mode, extending
the duration at a low current density (2 A/dm2) helps prolong the micro-arc phase and
results in the formation of a porous layer with fewer internal defects. The compact internal
structure enhances the hardness and corrosion resistance. Conversely, with higher current
density, the discharge enters the large arc phase earlier, leading to an increase in internal
defects and a decrease in adhesion. Seo et al. [64] treated the surfaces of CP-Ti and Ti-6Al-4V
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ELI discs under pulsed DC with constant voltage conditions. Increasing voltage led to
a larger grain size and surface pore size, and more rutile content, while anatase content
decreased. A high voltage caused surface cracking. Both constant current and constant
voltage modes have pros and cons. A constant current ensures uniform arc discharges but
can generate excess heat, affecting coating uniformity. A constant voltage allows better
control of arc discharges and reduces thermal effects, though it may slightly compromise
coating uniformity.

Both unipolar and bipolar pulse modes introduce variable parameters like frequency,
duty cycle, and anode-to-cathode current ratio, necessitating a deeper understanding of
their impact on coatings. Previous research indicates that frequency plays a crucial role
in coating performance. Lower frequencies result in rougher coatings with larger pores,
making AC pulses more effective than DC pulses for coating formation. Higher frequencies
lead to coatings with a higher density of finer pores [65]. Wang et al. [66] created Ca-
and P-containing MAO films on Ti substrates at frequencies from 100 to 5000 Hz. Higher
frequencies decrease crystallinity but increase Ca and P content. Films at higher frequencies
have smaller pores on larger pore walls, improving film wettability.

Maintaining a constant voltage and frequency, an increased duty cycle lengthens
the discharge period in a single-polarity pulse, resulting in thicker coatings, additional
pores, and greater surface roughness [67,68]. However, excessively high duty cycles can
damage the coating. Babaei et al. [69] prepared TiO2-ZrO2 composite coatings on CP-Ti,
finding that different micro-discharge states influence the performance of coatings prepared
under varying duty cycles. Higher duty cycles lead to an increased coating thickness and
greater surface roughness. Pavarini et al. [70] created Cu and Zn co-doped MAO coatings
with antimicrobial and osteogenic properties using pulsed DC in a sodium tetraborate
electrolyte system. Higher frequencies (800 Hz) produced thinner, less uniform, and less
porous coatings with smaller pores. Similar effects occurred with lower duty cycles (10%).
Increasing the duty cycle and reducing the frequency resulted in a higher proportion of
rutile in the oxide composition.

Pulsed bipolar MAO power sources are currently widely used for increasing coating
thickness and ensuring strong adhesion to substrates. If the cathodic pulse is increased, or
the ratio of cathodic current to anodic current (Ic/Ia) is increased [71], the residual discharge
channels decrease, leading to higher coating density though the specific cathodic discharge
mechanism remains to be elucidated [72]. Sun et al. [73] used α-Al2O3 to create a hard
ceramic coating on a Ti-6Al-4V alloy. Lower Ic/Ia ratios led to thicker coatings, indicating
higher anodic current density promotes growth. Conversely, higher Ic/Ia ratios resulted in
thicker dense layers, reduced surface roughness, and increased coating hardness.

The duration of the MAO process is critical. In general, as the time is prolonged, the
discharges become more intense, the number of micro-pores decreases, their size increases,
and the coating thickness increases [29]. Wu et al. [74] found that as the processing time
extended, the coating exhibited the mentioned phenomena, but some central pore sections
closed and exhibited shrinkage. This is because the molten oxides flowing at the discharge
locations sealed the pores.

MAO is an energy-intensive process, with actions like increasing current density,
elevating voltage, reducing frequency, extending duty cycle, and prolonging processing
time all equivalently increasing energy input over time [22]. Higher instant energy levels
intensify discharges, resulting in more micro-pores in the coating, leading to increased
roughness and a higher rutile phase content. Moderate energy increases create a complex
porous structure, but excessive energy input may harm the coating. This can be addressed
by raising the cathodic current, leading to the adoption of alternating current and pulse
power sources. There is ongoing research into soft spark discharge states, which emit less
heat, reducing excessive and damaging discharges [75]. This fosters uniform electrode
reactions, lowers energy consumption, and promotes coatings rich in crystalline phases.
However, soft spark discharge reduces surface porosity and roughness, and its potential
benefits for enhancing bioactivity require further investigation [76].
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The decision on when to use each mode or parameter requires a comprehensive
evaluation of the desired coating characteristics, process control requirements, material and
shape of the workpiece, energy efficiency, and application environment. The optimal choice
often involves experimentation and optimization to meet specific project requirements.

2.4. Substrate

The composition, topography, and properties of the coating are significantly influ-
enced by the composition and structure of the metal substrate. Additionally, pre-treatments
conducted before MAO can also impact the grain size and surface topography of the
substrate, subsequently affecting the topography and quality of the MAO coatings. Cur-
rently, commonly used Ti and its alloys in clinical applications include CP-Ti, Ti-6Al-4V,
and Ti-6Al-7Nb, which have been the focus of substantial surface modification research.
However, the rise of β-Ti alloys for hard tissue implants, owing to their superior biocompat-
ibility and reduced elastic modulus for reduced “stress shielding”, has led to an increasing
emphasis [77].

Chen et al. [78] utilized NaH2PO4 as an electrolyte for MAO treatment of a Ti-13Cr-
3Al-1Fe alloy and found that the response to electrical parameters is akin to the trend
observed in α and α + β alloys. Cimenoglu et al. [79] investigated MAO-treated Ti-6Al-4V
and Ti-6Al-7Nb alloys using the same parameters. Both exhibited a similar thickness
of approximately 10 μm. However, the coating on Ti-6Al-4V contained HA precipitates,
while the Ti-6Al-7Nb coating had granular oxides with calcium titanate. In the study by
Wang [80], an MAO process was employed under identical conditions on pure Ti, Ti-6Al-4V,
and Ti-35Nb-2Ta-3Zr substrates. The results revealed distinct topographies of coatings on
the three different substrates (Figure 4). Notably, the Ti-35Nb-2Ta-3Zr surface exhibited a
porous topography with increased crystalline anatase content, which effectively enhanced
the deposition of HA. Additionally, corrosion resistance and hydrophilicity tests indicated
superior performance for the coating.

Material pretreatment processes alter the surface topography and grain size, conse-
quently affecting the properties of coatings. Physical methods like surface shot peening,
severe plastic deformation (SPD), and laser surface remelting (LSR) treatments are primar-
ily considered. High-energy shot peening (HESP) enhances the wettability and surface-free
energy of MAO coatings, significantly improving bioactivity on Ti-based substrates [49].
Equal channel angular pressing (ECAP) on Ti surfaces results in ultrafine grains and in-
creases the thickness and porosity of MAO coatings. Furthermore, the dense microstructure
enhances the corrosion resistance of MAO coatings [14]. LSR pretreatment, in combination
with MAO processing, modulates coating topography. Increasing the energy density of LSR
pretreatment initially decreases surface roughness before subsequently increasing it. This
enhances coating densification and bond strength with the substrate, thereby improving
corrosion resistance [81]. In conclusion, appropriate pretreatment can enhance the perfor-
mance of MAO coatings. Additionally, subjecting alloy substrates to solution treatment,
quenching, and varying aging treatments before MAO results in changes in coating pore
size, surface roughness, and porosity with increasing aging time. This is likely due to
enhanced substrate electrical conductivity from the aging treatment, leading to higher
current density during the MAO process [82]. The comprehensive effects of electrolytes,
electrical parameters, and substrates can be found in Table 2.

At present, additive manufacturing, also known as 3D printing, is progressively
emerging as the preferred method for custom orthopedic implants. It allows the pro-
duction of complex structures that surpass the capabilities of traditional techniques, all
while preserving the physical and chemical advantages inherent to Ti and its alloys. Im-
plants produced through this method offer an elevated level of patient-specific adapt-
ability. In the context of employing MAO to enhance the surface bioactivity of 3D-
printing Ti alloy implants, more detailed comparisons are available in other comprehensive
reviews [2,83].

110



Coatings 2023, 13, 2064

 

Figure 4. Surface and cross-sectional SEM of MAO coatings on three substrates (Ti: (a,b);
Ti-6Al-4V: (c,d); Ti-35Nb-2Ta-3Zr: (e,f)) under the same conditions [80].

Obtaining the appropriate parameters requires multiple experiments. Researchers
can start by choosing an experimentally suitable parameter range based on existing liter-
ature. They should then refine these parameters based on observed multifaceted effects
of parameter changes on the coating. Due to the absence of a unified model, conducting
multiple experiments is essential. The alteration of a single parameter in the MAO pro-
cess can result in modifications across multiple coating properties, owing to the intricate
interplay of various factors. Consequently, adjusting a specific parameter may necessitate
the simultaneous coordination of other parameters to uphold the desired coating quality.
This intricate balance poses a significant challenge in the production process of MAO
coatings. Different applications of implants have varying requirements for the surface
coating, leading to variations in the parameters used. Coating performances prepared
under the same parameters with different devices may exhibit slight differences, making it
challenging to define optimal parameters [22]. The parameters influencing the coatings
are comprehensively addressed here to serve as a reference for subsequent researchers.
After determining the parameters, real-time online monitoring systems can be introduced
to track key parameters such as current, voltage, and electrolyte concentration. Through
feedback control, maintaining parameters within a stable range ensures consistent and
reproducible coating performance.
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Table 2. Factors affecting coating performance.

Number Substrate Electrolyte Electrical Regimes Conclusion Reference

1 Ti

Na3PO4, Na2SiO3, NaAlO2,
composite electrolytes
(Na3PO4 + Na2SiO3

+ NaAlO2)

0.1–0.3 A/cm2

current densities

The pores of coatings made in
Na3PO4 and composite

electrolytes are smaller and
more uniform than those in

other electrolytes.

[39]

2 Ti KH2PO4, Ca(OH)2 or
Ca(HCOO)2, Na2(EDTA)

Three different
fixed set current
densities: 50, 100,
and 150 mA/cm2

Porous coating promotes apatite
formation and resists corrosion. [55]

3 Ti (CH3COO)2Ca·H2O and
NaH2PO4·2H2O

Different voltages,
currents, durations

HA-containing flower-like
Structure Coatings have good

biological activity.
[84]

4 Ti
Ca(OOCCH3)2,

Ca(H2PO4)2, and
Na2(EDTA)

Pulsed DC, duty
cycle at 30%, 450 V,
5 min, 100–5000 Hz

Frequency affects the
crystallinity, composition,

topography, and wetting ability
of the oxide film.

[66]

5 Ti
NaH2PO4, Na2ZrO3, and

Na2SiO3 of different
concentrations

Pulsed DC, 500 V,
1000 Hz, different

duty cycle

Concentration and duty cycle
affect topography and
photocatalytic activity.

[69]

6
Ti (high-energy
shot peening,

HESP)

C3H7Na2O6P·5H2O, Ca
(CH3COO)2·H2O,

Na2SiO3·9H2O, and
Cu(CH3COO)2· H2O

480 V, 5 min Porous antimicrobial coatings
are prepared. [49]

7
Ti (equal channel
angular pressing,

ECAP)

NaH2PO2 and
(CH3COO)2Ca

350 mA/cm2,
8 min

Porous microcrack coatings
are prepared. [14]

8 Ti K3PO4 and KOH

Constant current
density of 100

mA/cm2,
frequency of 6 kHz,
duty cycle at 50%,

6 min

Coating with pancake-like
topography has

corrosion resistance.
[46]

9 Ti Different concentrations
of KOH 160 V, 1 min

1 M KOH, Ca/P = 1.69. The
higher the concentration of

KOH, the stronger the corrosion
resistance of the coating.

[42]

10 Ti

Na2B4O7·10H2O,
Na2O2SiO2·2H2O,

Cu(CH3COO)2,
Zn(CH3COO)2, NaOH

AC, 300 V,
different

frequencies, and
duty cycles

Duty cycle and frequency affect
coating thickness, surface
uniformity, and porosity.

[70]

11 Ti Na2B4O7·10H2O Pulsed DC, 465 V,
600 Hz, and 9%

“Cortex-like”
micro/nanostructured coating
has improved biocompatibility.

[35]

12 Ti, Nb, Mg, Al,
Zr, Ta NaOH and Na2SiO3

Unipolar positive
or bipolar

working pulse

Soft sparks are more obvious on
the surfaces of Mg, Al, Zr, and

Ta, while Ti and Nb have only a
small amount of
spark softening.

[85]
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Table 2. Cont.

Number Substrate Electrolyte Electrical Regimes Conclusion Reference

13 Ti-6Al-4V

Ca(CH3COO)2,
Ca(C3H7O6P),

Mn(CH3COO)2·4H2O,
Mg(CH3COO)2·4H2O,
Sr(CH3COO)2·0.5H2O,

Zn(CH3COO)2, Na2SiO3

Pulsed DC, 280 V,
3 min

The coating surface is soaked in
simulated body fluid (SBF) to

generate bone-like apatite.
[32]

14 Ti-6Al-4V Na3PO4, NaOH, Na2SiO3
Fixed DC voltage

(270 V), 5 min

Coatings prepared in
silicate-based electrolytes

achieved the most uniform
structure, with lower porosity.

[33]

15 Ti-6Al-4V NaAlO2, NaF, KOH,
CuSO4, Na2(EDTA)

Constant current
of 2 A/cm2

It is porous at about 1μm. The
addition of Cu ions makes the
coating uniform and reduces

the roughness.

[38]

16 Ti-6Al-4V Na2HPO4, HA microns,
and NPs

Constant potential
of 250 V and then
pulse unipolar or

pulse bipolar
constant current of

300 mA/cm2

Micron and nanoscale HA have
different effects on the

microstructure of the coating,
but both improve the scratch
resistance and bioactivity of

the coating.

[86]

17 Ti-6Al-4V Na2AlO2, Na3PO4 Bipolar pulse
With an appropriate increase in

cathodic pulses, the coating
density increases.

[72]

18 Ti-6Al-4V Na2AlO2, Na3PO4 Bipolar pulse

As the Ic/Ia ratio increases, the
density and hardness of the

coating increase, and the
roughness decreases.

[73]

19 Ti-6Al-4V Na2SiO3, NaH2PO2,
Na2MoO4

520 V, 50 Hz, 10%,
30 min

Corrosion resistance
is improved. [81]

20 Ti-20Zr-10Nb-4Ta Na2B4O7·10H2O DC power, 465 V,
600 Hz, and 9%

Hierarchical porous coatings
have good biocompatibility. [36]

21 Ti-15V-3Al-3Cr-
3Sn

Different electrolyte
temperatures of 278–313 K,
K2Al2O4, Na3PO4, NaOH

square waveform
with 2.0 kA/m2

and −1.0 kA/m2

at 100 Hz

Wear resistance is improved at
low temperatures. [87]

22 Ti-13Cr-3Al-1Fe NaH2PO4, pH = 9.2 Different voltages
and durations

As the discharge voltage and
treatment time increase, the
oxide layer thickens, and the

pore size and surface
roughness increase.

[78]

23 Ti6Al4V and
Ti6Al7Nb

(CH3COO)2Ca·H2O
and Na3PO4

Bipolar power,
+500 V and −83 V,

5 min

Two alloy coatings have
different characteristics under

the same conditions.
[79]

24
Ti-29Nb-13Ta-

4.6Zr
(hot forge)

CaOH, Na3PO4·12H2O,
pH = 12.03,

conductivity = 13.20
mS/cm

AC bipolar,
different

frequencies, and
duty cycles

Frequency and duty cycle affect
form and thickness, which in

turn affects corrosion resistance.
[68]

25

Ti-25Ta-10Zr-
15Nb and
Ti-25Ta-

20Zr30Nb

Ca(C2H3O2)2,
Mg(C2H3O2)2,

Glycerophosphate
300 V, 2.5 A, 1 min

Both alloys exhibit porous
structures with different

pore sizes.
[88]
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Table 2. Cont.

Number Substrate Electrolyte Electrical Regimes Conclusion Reference

26
Ti, Ti-6Al-4V, and
Ti-15V-3Al-3Cr-

3Sn
K2Al2O4, Na3PO4, NaOH

Constant AC of
1.5 kA/m2 up to a

maximum peak
voltage of 400 V

The coating has excellent
wear resistance. [57]

27 Ti, Ti-6Al-4V,
Ti35Nb-2Ta-3Zr

Na2SiO3·9H2O,
(HOCH2CH2)3N,

pH = 11.5

Voltage of +400 V,
−50 V, duty cycle
at +16%, −10%,

500 Hz

The coating of Ti-35Nb-2Ta-3Zr
is durable and has

good hydrophilicity.
[80]

3. Surface Biologic Function of MAO

3.1. Osteointegration

When an implant is exposed to the internal environment, it selectively adsorbs various
proteins, depending on the physical and chemical characteristics of its surface. Cells initiate
their connection with the implant by interacting with these unique proteins [89]. Surface
parameters of the implant, including surface topography, chemical composition, and charge,
all contribute to regulating specific interactions between cells and biomaterials.

On smooth surfaces, BMSCs are more prone to differentiate into fibroblasts rather
than osteoblasts (OBs). Additionally, fibroblasts also adhere more easily to smooth sur-
faces. On the other hand, bone cells tend to adhere, proliferate, and differentiate more
readily on surfaces with rough nanoscale patterns (Figure 5). Surfaces with moderate
roughness and porosity provide a larger bonding area and establish a strong mechanical
interlock, promoting a more stable implant–bone integration. Osteoblasts cultured on
such rough surfaces demonstrate increased collagen production and enhanced calcification
processes [90,91].

 

Figure 5. A diagram illustrates the interaction between cells and materials on smooth or textured
surfaces; 1© surface structure influences protein adsorption, 2© proteins impact cell attraction, and
attachment, and 3© proliferation, differentiation, and maturation [90].

The ideal implant surface should mimic natural bone, featuring mineralized large
pores and nanoscale components. Hierarchical structure, from the nanoscale (collagen
molecules and minerals) to microscale (bone units), guides cells’ behavior [92]. Research
suggests that multiscale topographical features on the implant surface are linked to in-
creased osteoblast differentiation [93].

MAO can modify the surfaces of metal implants to give them specific characteristics.
It can create various topological structures on the substrate, and incorporate substances for
angiogenesis or osteointegration into the coatings.

It is widely acknowledged that a rough, porous surface contributes to improved
osteogenic activity. Nevertheless, there is currently no consensus regarding the optimal
specific values for roughness, pore size, and pore geometry [94]. Yamasaki et al. [95]
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highlighted that the interconnected micropores in the range of 2–10 μm can bestow os-
teoinductive properties upon the scaffold. Shalabi et al. [96] found that bone tissue bonded
effectively to rough Ti surfaces within the 1 to 100 μm range, with higher surface roughness
providing a greater surface area. Currently, the surface topographies generated through
MAO exhibit diversity, encompassing porous [38], hierarchical porous [97,98], and “cortex-
like” (or “worm-like”) [35] structures. Li et al. [98] employed a two-step MAO process
to create pores of different sizes. In the first step, large pores (100–300 μm) were gener-
ated using NaNO3 and NaOH electrolytes. Subsequently, a second MAO treatment was
conducted using a Na2B4O7 electrolyte, resulting in the formation of micro-pores (3–10
μm) as well as sub-micron/nano-pores (80–200 nm). This innovative tri-level structure
not only enhances hydrophilicity but also holds the potential to improve the adhesion of
osteoblasts to the implant and enhance implant fixation. Moreover, they refined the elec-
trolyte composition by introducing CaO and SrO into Na2B4O7 [46]. Following a one-step
MAO treatment, both Ca and Sr were integrated into the TiO2 hierarchical porous coating.
This hierarchical structure exhibits a high level of porosity and superhydrophilicity, and
the incorporated Ca and Sr have shown superior efficacy in promoting the proliferation
of human-bone-marrow-derived mesenchymal stem cells (hBMSCs). This highlights that,
beyond surface topography, the chemical composition of MAO coatings plays a crucial role
in influencing the biological activity of the coatings.

Currently, a highly researched area revolves around the development of biomimetic
calcium phosphate (CaP) coatings on surfaces using electrolytes containing both Ca and
P. Researchers are dedicated to optimizing the parameters that influence coating forma-
tion during the MAO process, with a specific emphasis on the composition of the elec-
trolyte. They aim to achieve a Ca/P ratio that closely matches the natural bone value
of 1.67 [48].

Typically, immersion in SBF is employed to assess the ability to form HA on its sur-
face, thus quantifying its bioactivity. The general formula of HA is Ca10(PO4)6(OH)2.
Herein, Ca2+ can be completely or partially substituted by Sr2+, Si4+, Mg2+, Mn2+, and
Zn2+, and OH− can be replaced by halide ions F−, Cl−, and Br−. Therefore, in addi-
tion to Ca and P, adding Si, Sr, Mn, Zn, and other elements to the electrolyte may also
improve the osteogenic activity of the surface. Plekhova et al. [18] assessed the mor-
phological and functional status of bone-marrow-derived mesenchymal stem cells (BM-
SCs) cultured on Ti-CaP coatings formed by MAO. There were no cytotoxic effects ob-
served on the cultured cells. Notably, the high expression of receptors (CD90, CD29,
and CD106) along with enhanced synthesis of osteocalcin and osteopontin, as well as
observable changes in the surface structure of BMSCs adhered to the samples, collec-
tively confirmed the osteoinductive properties of the calcium phosphate MAO coating.
Park et al. [99] utilized Ti-6Al-4V ELI discs and subjected them to treatment with pulsed
DC power for 3 min at 280 V in electrolytes containing bioactive ions such as Si, Zn, Mg,
Mn, Sr, Ca, and P. The energy-dispersive X-ray spectroscopy (EDS) results revealed that the
(Ca + Mg + Si + Mn + Zn + Sr)/P ratio was approximately 1.67. Some researchers have
directly added HA to the electrolyte [100,101]. Zhou et al. [101] dispersed hydroxyapatite
nanotubes (HNTs) in the MAO electrolyte and embedded HNTs into the Ti surface. When
comparing three types of surfaces, Ti, MAO, and MAO-HNT, the HNT group outperformed
the Ti and MAO groups in terms of angiogenesis, as evidenced by enhanced cell migra-
tion, tube formation, and vascular gene expression in HUVECs. Furthermore, concerning
osteogenesis, the HNT group exhibited the highest levels of alkaline phosphatase (ALP)
activity, collagen secretion, mineralized calcium nodules, and osteogenic gene expression
in MC3T3-E1 cells, surpassing the other two groups. These findings suggest that HNT
specimens can significantly promote angiogenesis and osteogenesis at both the cellular and
molecular levels.

A good blood supply is essential for successful osseointegration. Studies have found
that adulteration of appropriate amounts of Ca [101], Li [102], Se [103], Sr [104], Si [105],
and Zn [106] elements can contribute to angiogenesis. Yu et al. [106] introduced zinc acetate
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into the electrolyte to produce coatings enriched with zinc. Co-cultivation of HUVECs
with these coatings demonstrated excellent biocompatibility. This study explores the
inherent connection between angiogenesis and osteogenesis, presenting evidence that Zn2+

promotes both processes.
MAO is a versatile technique that enhances the hardness, corrosion resistance, wear

resistance, and biocompatibility of metal surfaces. This versatility makes it ideal for integra-
tion with other technologies to fine-tune surface properties for diverse application needs.
The joint application of MAO and other surface modification technologies can incorporate
functional elements into the MAO coating, such as hydrothermal treatment (HT) [107,108],
dip coating [109,110], radiofrequency magnetron sputtering (RF-MS) [111], etc. Many
research groups are exploring post-processing techniques using inorganic compounds to
mimic the Ca/P ratio in a natural bone structure for enhanced bioactivity [50].

For instance, Song et al. [107] applied HT in two different solutions after MAO treat-
ment, resulting in the formation of HA with a higher Ca/P ratio than the MAO-treated
sample, facilitating the migration of Ca2+ and PO4

3− ions to the surface. MAO and HT
treatments provide binding sites for other functional factors like osteogenic growth factors,
and antibacterial and anti-inflammatory substances [112]. In a study [113], MAO was
initially used to create a hierarchical micro/nano-topography on a substrate, followed
by electrochemical reduction in an alkaline solution. The results demonstrated improved
BMSC adhesion, proliferation, and up-regulation of osteogenesis-related gene expression,
indicating the potential to enhance osteogenic processes.

Magnetron sputtering, when combined with MAO, deposits metal particles onto
coatings, enhancing osteogenesis. Park et al. [114] used RF-MS to create a Mn coating
on the MAO-treated Ti-29Nb-xHf alloy, highlighting the potential for introducing metal
coatings to boost surface osteogenic properties.

The combination of multiple surface modification techniques offers a broader se-
lection of surface ingredients, including growth factors, hormones, and proteins. Bone
morphogenic proteins (BMPs), such as BMP-2 and BMP-7, are pivotal for bone cell prolifer-
ation, differentiation, and matrix synthesis. Fibroblast growth factors (FGFs) like FGF-2
and FGF-7 influence bone cell proliferation and differentiation, while insulin-like growth
factors (IGFs) like IGF-I and IGF-II promote cell growth and protein synthesis, crucial
for bone tissue growth and repair. Vascular Endothelial Growth Factor (VEGF), as a key
growth factor, directly stimulates new blood vessel formation. These biological factors
are typically incorporated onto material surfaces through gentle methods, such as the
dip-coating method [115,116], immersion [110], and chemical deposition [109], to ensure
the preservation of their activity.

Teng [117] employed a method combining MAO and Ca, P layers with BMP co-
precipitation to treat 3D-printed porous Ti alloy implants, named MAO-CaP-BMP2. The
porosity facilitates bone tissue and blood vessel ingrowth. The microporous dioxide layer,
created by MAO treatment, serves as nucleation sites for concurrent deposition of the
CaP layer and BMP-2. This microstructural arrangement allows the extended, controlled
release of BMP-2 over 35 days. The modification of Ti alloy implants with MAO-CaP-
BMP2 enhances their osteoinductive and osteoconductive properties, leading to superior
osteogenic and angiogenic outcomes.

3.2. Antibacterial

Among common orthopedic infections, osteomyelitis stands out, often stemming from
pathogens like Staphylococcus aureus (S. aureus), Escherichia coli (E. coli), and Pseudomonas
aeruginosa (P. aeruginosa). Symptoms encompass a range of discomforts such as pain,
swelling, pus formation, the presence of fistulas and/or sinus tracts, and wound reopening.
The approach to treatment depends on various factors including the severity of infection,
the responsible pathogen, and the overall health of patients. Treatment varies based on
infection severity, pathogen, and patient health, typically involving debridement to remove
infected bone tissue and implanted devices. Debridement surgery is complex and requires
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an extended recovery period. Dental-implant-associated microbial colonization may give
rise to peri-implant mucositis or even peri-implantitis. Key pathogens involved include
Porphyromonas gingivalis (P. gingivalis), Streptococcus sanguinis (S. sanguinis), Aggregatibacter
actinomycetemcomitans (A. actinomycetemcomitans), etc. Peri-implantitis has a lower incidence
compared to peri-implant issues in orthopedic implants, but it still demands attention as it
could directly contribute to implant failure [118].

Microbial cells adhering to surfaces can come together to form highly structured
microbial communities commonly known as “biofilms”. These biofilms often display drug
resistance, complicating infection treatment. The process of biofilm formation involves var-
ious stages, including the adsorption of proteins, microbial adhesion, aggregation, biofilm
maturation, and the diffusion of biofilm (Figure 6). Proteins adhere to surfaces, facilitating
microbial attachment through electrostatic interactions and protein receptor recognition. As
attachment progresses, biofilm formation occurs as microorganisms aggregate. Once estab-
lished, biofilms involve intercellular communication and extracellular polymeric substance
(EPS) secretion, transforming into a three-dimensional structure [119].

 
Figure 6. Microbial biofilm formation on implant surfaces comprises five key stages: 1© Protein
adsorption, 2© Microbial adhesion, 3© Coaggregation, 4© Mature biofilm, 5© and 6© Dispersal. This
complex process can result in infection, tissue damage, and implant surface degradation [119].

Antimicrobial implant materials must inhibit biofilm formation, particularly in the
initial stages. Researchers and clinicians continue to seek effective prevention and treatment
of implant-associated infections. In recent years, the development of surface antibacterial
methods using MAO has been a research hotspot in preventing and managing biofilm
growth on Ti-based implants [120].

Some researchers suggest that MAO-generated anatase TiO2 structures can reduce
bacterial adhesion or confer antibacterial properties. For instance, Alipal et al. [121] found
that circular TiO2 structures on MAO coatings exhibit improved biocompatibility and
antibacterial properties compared to needle-like TiO2. Similarly, Jia et al. [122] proposed that
the structure of TiO2 layers created by MAO can trap and kill bacteria on implant surfaces.
However, conflicting views exist in the literature, with some researchers arguing that rough,
porous MAO coatings increase microbial adhesion [123,124], while others contend there
is no significant difference compared to untreated Ti [125]. Current research on MAO-
based antibacterial coatings mainly focuses on incorporating antibacterial additives to alter
surface chemistry and enhance functionality.
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The main mechanisms to promote the killing of bacteria on the surface of antimicrobial
implants are (i) the contact reaction of bacteria with the surface, causing the destruction of
bacterial membranes or inhibiting the synthesis of their membranes; (ii) the gradual release
of ions from the coating, resulting in electron transfer and cell membrane destruction;
(iii) antimicrobial ions enter microbial cells, interrupt protein synthesis, block Adenosine
Triphosphate (ATP) synthesis and deoxyribonucleic acid (DNA) replication, and promote
apoptosis; and (iv) generation of ROS, which also induces apoptosis by denaturing proteins
and damaging DNA [126]. Costa et al. [119] categorized antimicrobial agents into four
primary groups: organic (biopolymers and bioactive agents), inorganic (metallic and
semi-metallic elements), drugs (substances with pharmacological action), and biological
(growth factors, peptides, and extracellular matrix proteins). Among these additives, people
are more interested in inorganic elements, due to their stability and cost-effectiveness.
The specific effects of elements on the biological function of the coating are shown in
Table 3.

Since 2009, one-step MAO has been employed to create antimicrobial Ti surfaces
by binding Ag, Cu, and Zn elements, as summarized in 35 articles by Shimabukuro
up to 2020 [51]. The half-maximal inhibitory concentrations (IC50) of Ag+, Cu2+, and
Zn2+ on MC3T3-E1 cells are 2.77, 15.9, and 90.0 μM, respectively [127]. Ag exhibits
high toxicity, but controlled dosages do not negatively affect osteoblast activity. Re-
searchers are increasingly interested in incorporating diverse elements (Ag + Cu [23],
Ag + Zn [128–131], Cu + Zn [132,133]) into coatings through one- or two-step MAO pro-
cesses to enhance antimicrobial effects or/and extend the duration of antimicrobial activity.
Shimabukuro et al. [134,135] simulated the biodegradation behavior of Ti doped with Ag,
Cu, and Zn by MAO soaked in physiological saline for 28 days to study the changes in
surface composition and antibacterial effect. After 28 days, the antibacterial effect of the
Ag-incorporated samples weakened, the antibacterial effect of Cu was maintained, and
the antibacterial effect of Zn enhanced in the later period (Figure 7). In another study,
Tsutsumi [136] employed a two-step MAO process to tailor surface coatings with Ag,
with or without Zn, to assess the binding and ion release behavior of Ag and Zn in the
resulting oxide layer. Over a 6-month immersion period, the release of Ag+ from the oxide
layer indicated early antibacterial performance, while the release of Zn2+ signified later
antibacterial effectiveness.

Figure 7. The changes in the concentrations of Ag, Cu, and Zn in the oxide layer (a) and their
antimicrobial effectiveness (b) after 28 days of cultivation in a saline solution. *: Significant difference
between specimens (p < 0.05), n.s.: No significant difference [51].

Research involving Mn on the surface of Ti-based implants shows promise, as it
enhances osteoblast activity while also inhibiting the proliferation of Gram-negative
E. coli and P. aeruginosa. Zhao et al. [137] employed MAO to create a Mn-TiO2 micro-
porous coating. Their results revealed that the coating induced E. coli cell wall perforation,
effectively inhibiting bacterial proliferation. Additionally, Bi compounds have shown
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efficacy in treating mucosal and dermal infections and are recognized as antimicrobial
additives for calcium phosphate bone cement. Lin et al. [138] used MAO to develop a TiO2
coating containing the bismuth (Bi) element. The coating with 6.2% Bi displayed good
biocompatibility with MG63 cells and demonstrated 1.5 times higher antibacterial efficacy
against A. actinomycetemcomitans and 1.9 times higher efficacy against methicillin-resistant
Staphylococcus aureus (MRSA) compared to the control group. MAO technology can also
incorporate other non-metallic antibacterial ingredients into the coating, such as Ce [139],
Se [103], I [140,141], B [142,143], and F [144–146].

MAO combined with other techniques can produce antimicrobial coatings that en-
hance effectiveness and minimize cytotoxicity. Arun et al. [111] employed a combination of
MAO and RF-MS processes to create dual-phase coatings on Ti-6Al-4V. They conducted
MAO in Ca/P electrolytes with varying Ag NP concentrations and applied an HA top
layer using the RF-MS process. This approach generated a passivation layer with robust
barrier properties. Ag contributed to antibacterial activity, while HA promoted cell pro-
liferation and mitigated the minor adverse effect of Ag on cell viability. To enhance cell
compatibility with antibacterial coatings or extend antibacterial substance release, poly-
dopamine [147,148] and polylactic acid [149] can be loaded on the coating surface through
secondary surface treatment.

Graphene and its derivatives (e.g., graphene oxide (GO) and redox graphene (rGO))
can be integrated into MAO coatings either directly through electrolytes or in combination
with techniques like electrophoretic deposition (EPD), sol-gel, and dropping coating. This
incorporation imparts favorable antibacterial and tribological properties [150]. For instance,
Mazinani et al. [151] combined MAO and EPD to deposit GO sheets onto the MAO coating,
resulting in significant antimicrobial properties against E. coli and S. aureus. Moreover,
San et al. [152] created a suspension of rGO and Ag NPs, added it to the MAO electrolyte,
and achieved a more effective coating against MRSA due to the generation of ROS and the
“Nanoknife” structure of rGO.

Chitosan (CS) interacts with the anionic components on the microbial cell wall, re-
sulting in cell wall damage and the killing of microorganisms, due to its cationic nature
and polyamine structure. CS can be fixed on the MAO coating by dip coating [153]. For
example, BMP-2-encapsulated CS gives the coating good osteogenic and antibacterial
properties [115].

Incorporating drugs, such as antibiotics, is an effective means of rapid sterilization
during early implantation stages. For example, Zhou et al. [154] used ciprofloxacin-loaded
CS hydrogel to modify the coating, effectively sterilizing the sample with the bacteriostatic
zone. Xu et al. [155] covalently grafted vancomycin to the MAO coating, creating Ti-@MV
with significant antibacterial properties and enhanced osteogenic differentiation of BMSCs.
In another study [156], octenidine (OCT) was loaded onto MAO-prepared coatings via
electrophoresis, resulting in improved early antibacterial efficiency without compromising
cell compatibility. This early-stage (4–6 h) intervention is crucial for preventing long-term
bacterial infections. Octenidine, vancomycin, and heparin were among the early attempts
at drug loading on polyethylene glycol MAO-treated surfaces. However, their initial
release is too large, and it is easy for bacteria to develop drug resistance. Therefore, the
use of antibiotics in implant surface modification is gradually decreasing [157]. In terms of
biological compounds, antimicrobial peptides (AMPs) have become the main substances
for functionalization in Ti surfaces through a multi-step process on MAO surfaces [147,158].
However, the main challenge with these antimicrobial surfaces is that cross-linking of
peptides on the surfaces is difficult, resulting in less stable coatings, limited duration of
antimicrobial activity, and higher manufacturing costs [159].

Phototherapy, including photothermal and photodynamic therapy, offers safe and
controllable methods. Photothermal therapy employs agents that generate high temper-
atures under near-infrared light, effectively disrupting bacterial structures. In contrast,
photodynamic therapy relies on photosensitizers absorbing specific light wavelengths
to create reactive oxygen species (ROS), which disrupt bacterial DNA, proteins, and
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biomembranes. Hydrothermal treatment or sol-gel can be used to combine photother-
mal agents or photosensitizers into the coating [160]. Chai et al. [161] successfully prepared
a TiO2/MoO2/chitosan coating on Ti surfaces using a composite process involving MAO,
HT, and electrospinning. The MoO2 significantly improved the phototherapy performance.
Both in vitro and in vivo experiments demonstrated excellent antibacterial capabilities
against Streptococcus mutans (S. mutans) after 15 min of irradiation with near −808 nm
wavelength infrared light, facilitated by the synergistic effects of a high temperature and
ROS. Moreover, Li et al. [108] used MAO and HT techniques to form a β- FeOOH/Fe TiO2
heterojunction, which can also generate ROS under irradiation. In addition, ultraviolet
rayscan remove surface carbon contaminants and increase the negative charge density on
the surface of crystal TiO2, thereby reducing bacteria through electrostatic repulsion [125].
However, because UV rays have carcinogenic effects, they can be used as a pretreatment
before implant placement.

3.3. Anti-Inflammatory

The biological properties of materials are initially evaluated through in vitro studies
on osteoblast activity. In some cases, differences between in vivo and in vitro research
results may stem from immune cell responses. Bone immunology emphasizes the role of
immune cells in osteointegration, which involves the inflammatory response in the early
and late stages after implantation [162].

The implantation of biomaterials is intricately tied to a continuous biological process
(Figure 8). Shortly after implantation, proteins from the vascular system and interstitial
fluid adhere to the surface of the biomaterial within minutes. Subsequently, various cells,
including platelets, monocytes, and macrophages, infiltrate and adhere to the biomaterial.
Within 1 to 5 days post-implantation, immune cells release cytokines on the biomate-
rial surface, initiating a pro-inflammatory response while recruiting bone repair cells
(e.g., BMSCs and OBs) from distant sites to the inflammatory site [163]. This early-stage
inflammation is crucial. The fate of the bone biomaterial, whether it becomes encapsulated
by a fibrous capsule (indicating failure) or undergoes long-term replacement by new bone
(the desired outcome), is determined by bone repair cell interactions with the inflammatory
microenvironment and biomaterial properties in the following days. Acute inflammation
typically subsides in less than 1 week, while a duration exceeding 3 weeks may lead to
implant failure. The emerging field of bone immunology and immune modulation has
shifted our expectations for bone biomaterials, emphasizing their role in bone immune
modulation rather than just reducing inflammatory responses [164].

 

Figure 8. Three key stages involve interactions between host immune cells, bone cells, and biomateri-
als in bone regeneration: early stage (thrombosis and acute inflammation), bone formation (chronic
inflammation and new bone initiation), and bone remodeling [162].
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Recent advancements in Ti surface engineering focus on managing host and inflam-
matory responses. This approach leverages the benefits of physiological inflammation,
such as cellular debris removal and infection prevention, while also mitigating the risks
associated with severe inflammatory reactions. These risks include implant rejection, early
or late failures, and impacts on implant functionality.

To modulate the inflammatory response of biomaterials, these strategies can be fol-
lowed [164]:

1. Adsorption of specific proteins: control the adsorption of plasma proteins on the
implant surface to influence inflammatory responses.

2. Macrophage polarization: M1 (pro-inflammatory) and M2 (anti-inflammatory) pheno-
types can be induced. M1 macrophages clear debris and potential pathogens in the
early stages of implantation, while M2 macrophages support inflammation resolution
and tissue healing. The M1 phenotype is produced by M0 macrophages activated by
the lipopolysaccharide (LPS) or interferon-γ (INF-γ). It secretes inflammatory media-
tors, including Interleukin-1β (IL-1β), IL-6, IL-12, IL-23, ROS, and Tumor Necrosis
Factor-α (TNF-α). However, the M2 phenotype is induced by stimulation with IL-4,
IL-10, and IL-1β. M2 macrophages release anti-inflammatory cytokines and growth
factors, such as IL-10 and transforming growth factor-β (TGF-β).

3. Surface topography: Surface roughness and texture can affect macrophage pheno-
type. Rough surfaces may favor M1 activation, while nano- or micron-scale di-
rectional textures promote an M2-like response. Hydrophilic surfaces can reduce
pro-inflammatory cytokines.

4. Biomimetic coating: modify the implant surface with biomimetic coatings like col-
lagen, transmembrane molecular markers, mesenchymal stem cells, or biological
peptides to reduce macrophage activation and pro-inflammatory factors.

5. Local drug delivery: implement local drug delivery systems on the implant surface to
create a localized anti-inflammatory environment with high drug concentration and
minimal systemic side effects.

Local inflammatory reactions can result from debris accumulation caused by wear
during implantation or long-term friction between the implant and surrounding bone
tissue [165,166]. Furthermore, the corrosion of metals in the complex environment of the
body can release metal ions, potentially triggering inflammation. MAO coatings offer
excellent tribological properties and corrosion resistance. They can be modified to regulate
host and inflammatory responses by adjusting the surface topography and composition
of the implant. Li et al. [163] examined the in vitro immune response to Ca- and Si-doped
MAO coatings. They found that the macrophage interaction with MAO-Ti favored the M1
phenotype, but collagen synthesis and matrix mineralization for osteocyte-like cell growth
on the coating were favorable. This suggests that MAO-modified implant–bone interfaces
support osteogenesis both before and after osteoblast recruitment to the biomaterial sur-
face. Furthermore, Ti-Ta metal–metal composites with bioceramic coatings containing
Ca and Si also demonstrate osteogenic, anti-inflammatory, and bone immunoregulatory
properties [167].

Some metallic elements, such as Cu [168], Zn [169], Mg [170], Li [102], and Co [171],
have been shown to modulate the immune environment at the implant surface. They can
regulate macrophage polarization phenotypes, thus promoting either early pro-inflammatory
and antimicrobial effects or long-term anti-inflammatory and pro-osteogenic effects of
the implant. For instance, Li et al. [168] utilized MAO to create Cu-containing ceramic
coatings on Ti surfaces (Cu-MAO). Macrophages on Cu-MAO displayed polarization to-
ward the M1 phenotype, exhibiting high levels of inducible nitric oxide synthase (iNOS)
expression, low arginase-1 (Arg1) expression, enhanced release of IL-6, and inhibited
release of IL-4 and IL-10. This promoted a favorable inflammatory microenvironment
for osteoblast-like cell differentiation and enhanced bactericidal abilities of the surface.
Sun et al. [169] took a similar approach by developing Zn-doped MAO coatings on Ti
surfaces, which exhibited excellent biocompatibility and osteogenic differentiation perfor-
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mance with BMSCs. In addition, evaluation of RAW264.7 cells’ survival on the surface and
related pro-inflammatory markers revealed that this coating downregulated the expression
of pro-inflammatory genes. Peng et al. [102] incorporated Lithium (Li) into Ti surface
coatings via MAO. Low-dose Li was slowly released as ions, enhancing the recruitment
of BMDMs while favoring M2 polarization and limiting M1 polarization. In vivo, implan-
tation mimicking aseptic loosening revealed the ability of Li to mitigate inflammatory
responses. Additionally, Li-doped MAO coatings supported healthy growth of both mouse
embryonic cell lines (C3H10T1/2) and HUVECs in a macrophage-conditioned medium,
highlighting their potential for osteogenic differentiation and angiogenesis. The molecu-
lar mechanism involved the regulation of cascade molecules in the PI3K/AKT signaling
pathway for bone immunomodulation. Similarly, Yang et al. [171] prepared Co-doped
MAO coatings on Ti implants with varying Co content. Their results showed that, in com-
parison to pure Ti samples, cobalt-loaded Ti exhibited immunomodulatory functions on
macrophages, upregulating the expression of M1 genes and downregulating the expression
of M2 genes. Notably, higher cobalt levels induced the polarization of macrophages into the
M2 type.

Similar to antimicrobial properties, other surface modification techniques can in-
corporate a greater amount of anti-inflammatory components onto the surface of the
MAO coating. Bai et al. [172] investigated the effects of MAO and steam heat treatment
(SHT) on the preparation of nano-HA coatings on porous Ti surfaces. They found that
Ti surfaces coated with HA NPs exhibited adjustable inflammatory responses, while HA
nanorods negatively affected osteo-/angiogenesis and osteoimmunomodulation. Addition-
ally, they [100] annealed the MAO-HA surfaces and observed that annealing temperature
influenced surface topography, wettability, and chemical properties. In vitro experiments
demonstrated that MAO coatings annealed at 650 ◦C promoted the proliferation and differ-
entiation of osteoblasts and endothelial cells, while inhibiting the inflammatory response
of macrophages.

Schmidlin et al. [173] found that ZrO2 particles induced lower expression of inflam-
matory factors compared to TiO2 particles at an equivalent dose. Zhu et al. [174] combined
the MAO and sol-gel methods to fabricate a multifunctional composite coating on the
surface of Ti, composed of SiO2 particles and zirconium hydrogen phosphate (ZrP). The
ZrP coating exhibited superhydrophilicity and significantly reduced the release of pro-
inflammatory cytokines (TNF-α, IL-6, and IL-1β). This coating also enhanced corrosion
resistance and friction, resulting in reduced Ti ion/fragment release and minimized in-
flammatory responses. Wang et al. [175] prepared Sr-doped nanostructures on the Ti
surface through MAO and electrochemical deposition, and subsequently incorporated silk
fibroin protein-based nanocomposites (Ti-MAO/Sr/LBL/WNP) through a layer-by-layer
self-assembly technique (LBL). This coating exhibited sustained release of wogonin and Sr
ions for over 7 days, promoted the expression of anti-inflammatory factors (TGF-β1 and
Arg-1) in M2 macrophages, and facilitated cell proliferation and osteogenic differentiation.
Moreover, MAO coatings can be utilized to locally load bioactive substances and drugs,
such as peptides that recruit immune-modulating cells (T cells, monocytes, mast cells, and
neutrophils) [158].

MAO provides biofunctional coatings that interact with tissues over an extended
period, involving multiple biological and biochemical processes [90]. This interaction is
determined by the implant characteristics and the implantation environment. Evaluating
the biocompatibility and long-term performance of the coatings is a task that requires
various factors and methods. Biocompatibility testing includes both in vitro and in vivo
assessments [109,113]. In vitro experiments can detect the effects of the coating on cell
adhesion, proliferation, and differentiation. In vivo experiments assess the biocompati-
bility, tissue response, and implant stability within live animals. Assessing engineering
parameters in the surrounding tissues, such as vascularization, bone formation, and heal-
ing, provides information on the coating impact on tissue reconstruction. Monitoring
implant position and stability through imaging techniques such as X-rays, CT scans, and
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MRI is crucial for detecting issues like coating delamination, implant loosening, or dis-
placement. Animal experiments observe the morphology, structure, chemical composition,
and mechanical properties of the coating after a certain period of implantation, offering
insights into the long-term stability of coatings in vivo. Evaluating long-term performance
also involves considering inflammation and immune reactions around the implant, moni-
toring through tissue slices, inflammation levels, biomarker detection, and immune cell
activity [168,172,175–177] (refer to the literature listed in Table 3). Integrating these assess-
ments provides a more comprehensive understanding of the performance of MAO coatings
during long-term use and their interaction with surrounding tissues. This multidisciplinary
task typically requires collaboration among professionals in medicine, biomedical engi-
neering, and materials science. Moreover, dental implants and hip stems featuring MAO
coatings have been introduced as products and subjected to market testing over the long
term, yet relevant literature reports are scarce [178,179].

Table 3. Coatings contain different components with different biological functions and are validated
in vitro and in vivo.

Number Biologic
Function

Adding
Substances

Technique
In Vitro In Vivo

Conclusion/Remark Reference
Cell Bacterium Animal Parts

1 Osteogenesis Ca, Sr MAO hBMSCs

Simultaneously
incorporating Ca and Sr
demonstrated superior
promotion of hBMSC

proliferation.

[97]

2 Osteogenesis/
Angiogenesis Zn MAO

HUVECs
and

BMSCs

In the Zn2+ environment,
angiogenesis and

osteogenesis mutually
promote each other.

[106]

3 Osteogenesis/
Angiogenesis

Hydroxyapatite
nanotubes

(HNTs)
MAO

HUVECs
and

MC3T3-E1
cells

HNT specimens
promote both

angiogenesis and
osteogenesis on cellular

and molecular levels.

[101]

4 Osteogenesis B

MAO,
hydrothermal

treatment,
and heat
treatment

SaOS-2
cells

Nanorods inhibit SaOS-2
cell activity, whereas

nanoparticles
promote it.

[143]

5 Osteogenesis Hierarchical
coatings

MAO, electro-
chemical
reduction

BMSCs

Beagle dogs,
the shaft of
the canine

femur

The hierarchical coatings
show higher

osteogenesis rates
compared to the

ordinary MAO group.

[113]

6 Osteogenesis HA, BMP-2 MAO, dip
coating

MC3T3-E1
cells Beagle femur

The interface bonding
strength between

HA/BMP-2 coating and
surrounding new bone

tissue is higher
than that of

Ca/PMAO coating.

[109]

7 Osteogenesis/
Angiogenesis Ca, P, BMP-2

3D printing,
sandblasting

etching,
MAO, electro-

chemical
deposition

BMSCs
New Zealand
White Rabbit

Skull

MAO-CaP-BMP-2 is
superior to the MAO

and MAO-CaP groups
in new bone formation.

[117]

8 Osteogenesis/
Antibacterial Ca, P MAO hFOBs E. coli and S.

aureus

Volcanic-crater-like and
needle-like CaP

structures form at 350 V
and 450 V, respectively.

The former exhibits
superior antibacterial

performance and
biocompatibility.

[121]
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Table 3. Cont.

Number Biologic
Function

Adding
Substances

Technique
In Vitro In Vivo

Conclusion/Remark Reference
Cell Bacterium Animal Parts

9 Bioactivity/
Antibacterial Ca, P MAO, UV

catalysis HGFs S. sanguinis

Photofunctionalization
reduces hydrocarbons
and enhances surface
protein adsorption.

[125]

10 Osteogenesis/
Antibacterial Zn MAO MC3T3-E1

cells E. coli

Incubation with salt
solution converts Zn
ions into zinc oxide,

which helps with
long-lasting

antibacterial activity.

[134]

11
Antibacterial/
Osteogenesis/
Angiogenesis

Sr, Zn MAO HUVECs,
BMSC

MRSA and
P. gingivalis

Rat femoral
model

The surface osteogenesis
of samples doped with
Sr and Zn is superior to

other groups.
(No in vivo antibacterial

test conducted.)

[104]

12 Antibacterial Ag, Cu NPs MAO MC3T3-E1
cells MRSA

Mouse femur
ex vivo

experiment

Ag and Cu ions
synergistically kill

bacteria, allowing a
10-fold reduction in

Ag ion concentration
with consistent

antibacterial efficacy.

[124]

13 Osteogenesis/
Antibacterial Ag, Zn 3D printing,

MAO
MC3T3-E1

cells MRSA
Mouse femur

ex vivo
experiment

The synergistic effect of
Ag and Zn reduces the

concentration of Ag+ by
120 times.

[128]

14 Osteogenesis/
Antibacterial Ag, Zn MAO MC3T3-E1

cells S. aureus

Ag and ZnO synergy
enhances antibacterial

performance and
promotes CaP

phase formation.

[129]

15 Osteogenesis/
Antibacterial Ag, Zn MAO MC3T3-E1

cells S. aureus

Ag and Zn ion release is
above the antibacterial

threshold yet well below
cytotoxic levels.

[130]

16 Osteogenesis/
Antibacterial Ag, Zn MAO S. aureus

Ag and Zn have
good synergistic

antibacterial effects.
[131]

17 Osteogenesis,
Antibacterial Cu, Zn MAO MG63

E. coli,
S. aureus,

and MRSA

Orthogonal experiments
explore electrolyte

effects on coatings, with
phytic acid supplying

the P element.

[132]

18
Skin-

integration/
Antibacterial

Cu, Zn MAO Fibroblasts
(L-929) S. aureus

The synergistic effect of
Cu and Zn facilitates
skin integration and
antibacterial activity.

[133]

19
Osteogenesis,
Anti-tumor/
Antibacterial

Se MAO
BMSCs,

cancerous
osteoblasts

S. aureus and
E. coli

Se doping enhances
osteogenic, anti-tumor,

and antibacterial
properties.

[103]

20 Osteogenesis/
Antibacterial Mn MAO MC3T3-E1

cells E. coli Rabbit femur

The coating
induces osteogenesis

and promotes
osseointegration.

[137]

21 Antibacterial Bi MAO MG63 cells
A. actino-

mycetemcomi-
tans,

MRSA

Bismuth nitrate has
excellent antibacterial
activity compared to

bismuth acetate,
bismuth gallate, and

silver nitrate.

[138]

22 Osteogenesis/
Antibacterial Ce MAO BMSCs P. gingivalis,

S. aureus
Osteoporotic
rat hind legs

Ce-TiO2 coating has
excellent antibacterial
and anti-inflammatory

properties.

[139]
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Table 3. Cont.

Number Biologic
Function

Adding
Substances

Technique
In Vitro In Vivo

Conclusion/Remark Reference
Cell Bacterium Animal Parts

23 Antibacterial I
MAO, HT,

photocataly-
sis

BMSCs S. aureus

Tibial In-
tramedullary

Infection
Model of

Rats

Under NIR, the
coating has good
antibacterial and

osteogenic properties.

[140]

24 Antibacterial I MAO, elec-
trophoresis BMSCs S. aureus and

E. coli

The rat
osteomyelitis

in-
tramedullary

nail model

Thirty days after
implantation, excellent

antimicrobial ability
was verified.

[141]

25 Bioactivity/
Antibacterial B MAO ADSCs S. aureus and

P. aeruginosa

Add a small amount of
sodium tetraborate

to the Ca, P
electrolyte system.

[142]

26 Osteogenesis/
Antibacterial F MAO BMSCs S. aureus and

E. coli Rabbit femur

Coatings with high
F addition

showed improved
antibacterial and

osteogenic abilities.

[144]

27
Antibacterial/
Osteogenesis/
Angiogenesis

Sr, Co, and F MAO BMSCs S. aureus and
E. coli Rabbit femur

Sr, Co, and F
co-doped coatings

induce osteogenesis.
[145]

28 Osteogenesis/
Antibacterial Mn, F MAO BMSCs S. aureus

Mn and F co-doped
coatings show excellent

wear and corrosion
resistance, along

with strong antibacterial
properties.

[146]

29 Osteogenesis/
Antibacterial Cu, BMP-2 MAO, dip

coating
MC3T3-E1

cells

E. coli,
MRSA,

Neurospora
crassa, and

Candida
albicans

Mouse
craniotomy

model

The coating
significantly promotes

osseointegration.
[110]

30 Osteogenesis/
Antibacterial Ag, HA MAO, RF-MS MC3T3-E1

cells E. coli

This coating exhibits
strong biological

activity and
antibacterial properties.

[111]

31 Bioactivity/
Antibacterial

Ag NPs,
polylactic acid

(PLA)

MAO, electro-
spinning

MC3T3-E1
cells S. aureus

PLA ultrafine fibers
produced by

electrospinning can
control the release of

silver ions.

[149]

32 Osteogenesis/
Antibacterial

AgNPs,
polydopamine

MAO, dip
coating MG63 cells S. aureus

New Zealand
rabbit

subdermal
implantation

This coating exhibits
strong biological

activity and
antibacterial properties.

[122]

33 Osteogenesis/
Antibacterial

Polydopamine,
cationic

antimicrobial
peptide LL-3,
phospholipid

MAO, dip
coating

BMSCs
and OBs

S. aureus and
E. coli

The coating exhibits
good osteogenesis and
antibacterial properties.

[147]

34 Antibacterial GO MAO, EPD S. aureus and
E. coli

Achieves ~80%
antibacterial activity

against E. coli and 100%
against S. aureus.

[151]

35 Antibacterial rGO, Ag NPs MAO MC3T3-E1
cells MRSA

The coating exhibits
good osseogenesis and
antibacterial properties.

[152]

36 Osteogenesis/
Antibacterial

HA, chitosan
(CS)

MAO, dip
coating

MC3T3-E1
cells E. coli

Higher usage of CS
results in decreased

biological performance
but improved
antimicrobial
performance.

[153]

37 Osteogenesis/
Antibacterial

HA, CS
hydrogel

containing
ciprofloxacin

MAO, HT,
chemical
grafting

hBMSCs S. aureus and
E. coli

The coating exhibits
good osseogenesis and
antibacterial properties.

[154]
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Table 3. Cont.

Number Biologic
Function

Adding
Substances

Technique
In Vitro In Vivo

Conclusion/Remark Reference
Cell Bacterium Animal Parts

38 Osteogenesis/
Antibacterial BMP-2/CS/HA MAO, dip

coating
MC3T3-E1

cells E. coli

CS encapsulation
sustains BMP-2 release

with added
antibacterial properties.

[115]

39 Antibacterial Vancomycin MAO, dip
coating

The rabbit
osteomyelitis

model
(infection

with MRSA)

In vivo studies
demonstrate the

potential of this coating
to prevent

MRSA infection.

[148]

40 Osteogenesis/
Antibacterial Vancomycin

MAO, dip
coating,

chemical
grafting

BMSCs S. aureus Rat femur

Functional coatings
prevent prosthesis

infection and promote
bone integration at

the interface.

[155]

41 Antibacterial

Mesoporous
silica NPs
(MSNs),

octenidine
(OCT)

Electrophoretic-
enhanced

MAO
OBs S. aureus and

E. coli

The coating exhibits
good osseogenesis and
antibacterial properties.

[156]

42 Bioactivity/
Antibacterial N, Bi MAO, photo-

catalysis HGFs

Streptococcus
sanguinis

and
Actinomyces

nasseri

The coating has
bactericidal properties

under visible light.
[123]

43 Osteogenesis/
Antibacterial MoSe2, CS

MAO, electro-
spinning,

photocataly-
sis

MC3T3-E1
cells S. mutans Rat tibia

Adding MoSe2
significantly enhances

TiO2 coating
photothermal and

photodynamic
capabilities.

[161]

44
Skin-

integration/
Antibacterial

β-FeOOH,
Fe-TiO2

MAO, HT,
photocataly-

sis

Mouse
fibroblasts

(L-929)
S. aureus

Mouse skin
infection

model

The β-FeOOH/FeTiO2
heterojunction prevents
bacterial infection under

light irradiation.

[108]

45
Osteogenesis/

Anti-
inflammatory

Ca, Si MAO SaOS-2
cells

The coating inhibits
inflammation and

induces M2 macrophage
polarization.

[167]

46 Antibacterial/
Immunoregulation Cu MAO

RAW 264.7
macrophages,

SaOS-2
cells

S. aureus

Cu boosts
macrophage-driven

osteogenesis and
antibacterial activity in

biomaterials.

[168]

47
Osteogenesis/

Anti-
inflammatory

Zn MAO
RAW264.7

macrophages,
BMSCs

The coating shows good
osteogenic and

anti-inflammatory
properties.

[169]

48
Osteogenesis/

Anti-
inflammatory

Mg MAO RAW 264.7
macrophages

Mg acts as an
anti-inflammatory agent,
inhibiting inflammation

and promoting
osteogenesis.

[170]

49 Anti-
inflammatory Co MAO RAW 264.7

macrophages
Mouse air
chamber

model

Cobalt-loaded
Ti exhibits

immune-regulatory
effects on macrophages.

[171]

50

Osteogenesis/
Angiogenesis/

Anti-
inflammatory

Li MAO

BMDMs,
mouse

embryonic
cell line

(C3H10T1/2),
HUVEC

Mouse
air-pouch

model

Low Li doses effectively
regulate immunity, and
promote osteogenesis.

[102]

51

Osteogenesis/
Angiogenesis/

Anti-
inflammatory

HA MAO, SHT

MC3T3-E1
cells,

human
umbilical

vein fusion
cells, RAW
264.7 cells

Rabbit femur

This coating promotes
osteogenesis and
angiogenesis, and

induces M2
macrophage phenotype.

[172]
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Table 3. Cont.

Number Biologic
Function

Adding
Substances

Technique
In Vitro In Vivo

Conclusion/Remark Reference
Cell Bacterium Animal Parts

52
Osteogenesis/

Anti-
inflammatory

HA MAO, SHT

MC3T3-E1
cells,

endothelial
cells, RAW
264.7 cells

Rabbit femur

Nanoparticle-shaped
HA is beneficial
for osteogenesis,

angiogenesis, and
immune regulation,
whereas nanorod-

shaped HA is
the opposite.

[173]

53
Osteogenesis/

Anti-
inflammatory

SiO2, ZnPs MAO, sol-gel MC3T3-E1
cells

The coating shows good
osteogenic and

anti-inflammatory
properties.

[175]

54
Osteogenesis/

Anti-
inflammatory

Sr, silk
fibroin-based
wogonin NPs

MAO, electro-
chemical

deposition,
LBL

RAW 264.7
cells, OBs

Osteoporotic
rat femur

The coating shows good
osteogenic and

anti-inflammatory
properties.

[176]

4. Applications and Challenges of MAO in Implants

4.1. Applications

MAO coatings, particularly with specific functional additives, possess remarkable
biological functionalities including bone promotion, antimicrobial properties, and anti-
inflammatory effects. Though clinical applications of Ti-based implants with MAO-
modified functional coatings are limited, animal experiments have validated several
implants with such coatings (Table 3). Presently, surface modification techniques like
sandblasting, acid etching, and anodization, along with the introduction of bioactive mate-
rials such as calcium phosphate, hydroxyapatite, and calcium nanoparticles, are widely
employed to optimize implant surface microstructure and topography. These modifications
primarily aim to enhance biocompatibility and promote osseointegration. For example,
MAO techniques have been utilized to create rough and porous surfaces on dental implants
and femoral stems, facilitating improved tissue bonding [119].

TiUnite and TiUltra surfaces(Nobel Biocare, Zurich, Switzerland), along with the
Ospol implant(OspolAB, Malmö, Sweden) and the M implant(Shinhung, Seoul, Republic of
Korea), are all manufactured using the MAO process and are commercially available. The
TiUnite surface series by Nobel BiocareTM, introduced in the early 2000s, has undergone
continuous refinement and gained worldwide acceptance. These implants, containing
7% phosphorus in the form of titanium phosphate chemical bonds, are fabricated using
an electrolyte mixture with phosphorus. A comprehensive review [178] encompassing
prospective studies spanning from 2000 to 2016 on the clinical performance of implants
featuring the TiUnite surface affirms the high survival rates and favorable maintenance of
marginal bone associated with such implants. Incidences of peri-implantitis are notably
lower for implants employing the TiUnite surface. Notably, implants with this surface
consistently exhibit predictable treatment outcomes across diverse indications. In 2019,
Nobel BiocareTM introduced the TiUltra surface series (Figure 9), which features a pro-
gressively rough and porous surface texture extending from the implant collar to its tip,
exhibiting excellent hydrophilic properties [180]. Moreover, the M implants of ShinhungTM

are produced using the MAO method with an electrolyte mixture containing magnesium,
resulting in a TiO2 surface containing magnesium (≤9.3%) and phosphorus (≤3%) [181].
Similarly, OspolTM implants are created using the MAO method with an electrolyte mixture
containing Ca, leading to the incorporation of calcium ions (less than 11%) within the TiO2
in the form of calcium titanium oxide bonds [182].
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Figure 9. Implants with TiUltra surfaces [180]. (A) Microscopic analysis of the implant system’s four
regions: abutment (B–D), implant collar (E–G), transition zone (H–J), and apex (K–M). This includes
an overview (B,E,H,K), high-magnification scanning electron micrographs of each region (C,F,I,L),
and 3D surface profile reconstructions using white-light interferometry (D,G,J,M).

Femoral shafts treated with sandblasting and MAO coating are commercially avail-
able. For example, the Korean BencoxTM hip system (Corentec, Seoul, Republic of Korea)
has cementless sandblasted femoral stems with MAO coating on the surface (Figure 10).
Made from Ti-6Al-4V alloy, it is a double-wedge straight tapered stem with a rectangular
cross-section. The coating method of MAO coating is as follows: After Ti plating, the
sample is electrochemically oxidized using the MAO process. The sample is subjected to
MAO treatment with a DC pulse power supply in an aqueous electrolyte containing Ca
and P.

In a study by Lim et al. [179], in a follow-up period of at least 5 years, the MAO-coated
sandblasted surface did not demonstrate superiority over primary total hip arthroplasty
(THA) with the same femoral component design. While MAO is theoretically known
to promote bone growth through calcium and phosphorus binding to the titanium alloy
surface, forming thick oxides and nano-porous coatings, its clinical utility has not been
confirmed. In a study with 10 years of follow up [183], 309 cases of THA (involving
256 patients) were performed using the non-cemented BencoxTM hip joint system. A
Kaplan–Meier survival analysis indicated a 10-year survival rate of 97.4% when using
revision for any reason as the endpoint, and a survival rate of 98.7% when using aseptic
loosening revision as the endpoint. While there was a decrease in the proportion of cases
with bone resorption in the follow up, the absence of a control group precludes concluding
the ability of MAO coatings to resist bone resorption, despite various studies suggesting
their potential for preventing bone resorption. In summary, after a follow-up period of at
least 10 years, the outcomes of non-cemented sandblasted and MAO-coated THA tapered
wedge stems are satisfactory.
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Figure 10. The BencoxTM stem is a collarless cementless bi-tapered rectangular Ti stem with an
MAO-coated sandblasted surface [183].

The MAO coating cannot only promote bone integration but also improve the wear
and corrosion resistance of implants. Khanna et al. [184] performed cold spraying to
deposit an Al metal layer onto a Ti-6Al-4V alloy substrate, followed by heat treatment to
enhance adhesion. They then conducted MAO treatment to form a dense α-Al2O3 layer on
the substrate surface, with a Vickers hardness matching that of sintered alumina used for
femoral heads (Figure 11).

 

Figure 11. Ceramic/metal hybrid artificial hip joint cross-sectional design schematic, with alumina
layers formed on Ti alloy for both the cup and head components [184].

4.2. Challenges

Although MAO coatings have undergone extensive research and led to the emer-
gence of related products, there are still challenges and limitations in the production
and application:

1. Despite considerable progress in studying the discharge process of MAO, some micro-
scale mechanisms remain unclear, such as cathodic discharge and soft spark discharge.
This uncertainty affects the control of the microstructure of MAO coatings [22].

2. In the coating manufacturing process, establishing the electrolyte composition
and electrical parameters still necessitates multiple experiments. Defining the
optimal parameters remains challenging. Minor losses of electrolytes during usage
and the settling of particulate or colloidal electrolytes can also impact coating
performance [44,54].

3. The impact of coating morphology on cell bioactivity remains inconclusive. While
some studies suggest that moderate roughness aids in cell adhesion and proliferation,
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and porous surfaces facilitate cell osteogenic differentiation, there is still debate
about the optimal pore size. Different cell types may have varied requirements for
morphology [90,91]. Additionally, due to cracks and interconnected pores, their
durability and wear resistance require attention [20].

4. Coatings with added functionalities, such as antimicrobial and anti-inflammatory
components, may exhibit toxic effects on normal cells, especially with high concentra-
tions of antibiotics or antimicrobial agents [119,164].

5. There is a substantial amount of research on biologically functional coatings; the
availability of implants in the market is relatively limited. Successfully translating
these technologies into commercial products may face greater challenges [119].

5. Conclusions and Prospects

5.1. Conclusions

The main focus of this paper revolves around a series of factors influencing the
performance of MAO coatings and the biological functions of these coatings under various
treatment conditions. As a result, the following conclusions are drawn:

1. The discharge process is pivotal, influenced by the electrolyte, electrical parameters,
and substrate. The electrolyte affects the composition and structure of coatings. Electri-
cal parameters impact coating performance by altering discharge energy. Additionally,
the substrate and pre-treatment also contribute.

2. MAO transforms implant surfaces, creating varied topologies and infusing substances
for osteointegration. It provides multiple strategies to combat surface infections by
adding antibacterial agents. Recent surface engineering maximizes inflammation
benefits while minimizing risks, with MAO coatings showing considerable potential.
The biocompatibility and long-term stability of coatings require more attention.

3. Presently, MAO is being clinically applied to promote bone integration, especially in
the field of dentistry. Despite some progress in the MAO bioactive coatings on Ti and
its alloys, challenges still exist in the production and application of coatings.

5.2. Prospects

The progress and challenges of MAO coatings suggest considerable research and
application potential for implant surfaces. The following outlines prospects:

1. Certain micro-mechanisms in the MAO process need more study. Collaborative efforts
across disciplines will enhance the understanding of discharge, electrolyte behavior,
and coating growth complexities. Real-time detection, high-resolution characteri-
zation, and numerical simulation may unveil the link between microstructures and
performance, paving the way for tailored and controllable coatings.

2. Developments in electrolytes will prioritize optimizing formulations, extending lifes-
pan, and emphasizing sustainability by using renewable or recyclable components.
Equipment improvements will focus on enhancing power supply design for increased
efficiency and stability. Orthogonal experiments can be used to validate new formula-
tions and equipment designs under various conditions. Standardized and automated
manufacturing will enhance production efficiency and reduce waste, contributing to
the sustainability and cost-effectiveness of MAO technology.

3. The integration of biology, materials science, and engineering will be employed to
design a controllable coating. Comprehensive experiments are imperative to unveil
the influence of morphology on cellular behavior. Incorporating nanoparticles into
the electrolyte or using other techniques to repair defects in MAO coatings could
potentially enhance wear resistance and durability.

4. Optimizing antimicrobial and anti-inflammatory components in coatings is crucial.
Researchers need to delve into understanding mechanisms of action to reduce con-
centrations while maintaining efficiency and minimizing adverse effects. Avoiding
overuse aims to slow bacterial resistance. When designing coatings, selecting friendly
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components and comprehensive biocompatibility testing will ensure coatings do not
trigger allergic or inflammatory responses.

5. MAO coatings have vast market opportunities. However, successful market entry
requires meeting strict approval and regulatory standards. Key factors include in-
depth research on biocompatibility, drug release kinetics, and rigorous safety testing.
The evaluation methods and standards for coatings also need to be further developed.
Collaboration, innovation, and a continued focus on product safety will drive the
successful commercialization of coatings in the future.
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