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A B S T R A C T   

Control of premature corrosion of magnesium (Mg) alloy bioresorbable stents (BRS) is frequently achieved by the 
addition of rare earth elements. However, limited long-term experience with these elements causes concerns for 
clinical application and alternative methods of corrosion control are sought after. Herein, we report a “built-up” 
composite film consisting of a bottom layer of MgF2 conversion coating, a sandwich layer of a poly (1, 3-tri-
methylene carbonate) (PTMC) and 3-aminopropyl triethoxysilane (APTES) co-spray coating (PA) and on top a 
layer of poly (lactic-co-glycolic acid) (PLGA) ultrasonic spray coating to decorate the rare earth element-free 
Mg–2Zn–1Mn (ZM21) BRS for tailoring both corrosion resistance and biological functions. The developed 
“built-up” composite film shows synergistic functionalities, allowing the compression and expansion of the 
coated ZM21 BRS on an angioplasty balloon without cracking or peeling. Of special importance is that the 
synergistic corrosion control effects of the “built-up” composite film allow for maintaining the mechanical 
integrity of stents for up to 3 months, where complete biodegradation and no foreign matter residue were 
observed about half a year after implantation in rabbit iliac arteries. Moreover, the functionalized ZM21 BRS 
accomplished re-endothelialization within one month.   

1. Introduction 

Mg alloy bioresorbable stents (BRS) are a promising alternative to 
permanent stents due to their absorbability and excellent biocompati-
bility [1,2]. However, one of the major factors that limit its clinical 
application is the intrinsic rapid degradation rate [3–5]. Many efforts 
have been made to improve Mg alloy corrosion resistance via material 
optimization and surface coatings. 

Alloying and purification are the two major means of material 
optimization. Although purification may significantly improve the 
corrosion properties of Mg alloys, it weakens their mechanical proper-
ties [6,7]. Alloying adjusts the phase composition and distribution, 

prevents micro-couple corrosion, and forms a denser and more stable 
passivation film [8,9]. Aluminum (Al), zinc (Zn), manganese (Mn), 
calcium (Ca), lithium (Li), zirconium (Zr), strontium (Sr), and rare earth 
elements are the most commonly used elements for alloying Mg 
[10–12]. However, only a few alloying elements are suitable for 
degradable Mg alloys from a medical perspective [6,13]. Some studies 
have shown that the addition of rare earth elements can inhibit micro 
galvanic corrosion of Mg alloys [14]. However, the biocompatibility of 
rare earth elements remains controversial [15,16]. Zn is a vital element 
in the human body; the addition of Zn to Mg significantly enhanced its 
corrosion resistance along with a slight improvement of its mechanical 
properties [17]. Mn can also eliminate impurities like Fe in Mg alloys 
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[18,19]. Although significant progress has been made in improving the 
corrosion resistance of Mg through alloying, its clinical application is 
still limited by its insufficient corrosion control effects in vivo [20]. 

Surface modification preserves key material properties while 
improving corrosion resistance and biocompatibility compared to 
alloying [21–24]. According to the different coating preparation 
methods, surface modification can be divided into chemical modifica-
tion, physical modification, and composite modification [25–27]. 
Fluoridation treatment is one of the dominant chemical modifications of 
Mg alloys, being simple, effective and economical [26]. Furthermore, 
the formed MgF2 layer is beneficial to the improvement of coating 
adhesion and corrosion resistance [28–31]. However, a single MgF2 
conversion coating is not appropriate for the final surface modification 
of Mg alloy stents because the coating is particularly brittle and easily 
cracks upon deformation [31]. 

In contrast, polymer coatings exhibit excellent ductility and still 
provide complete coverage of the substrate even when subjected to 
plastic deformation. Several polymer materials have been widely 
employed in the surface protection of Mg alloys, such as polylactic acid 
(PLA) [32–34], polycaprolactone (PCL) [32,35], poly (lactic-co-glycolic 
acid) (PLGA) [36,37], and a poly (1, 3-trimethylene carbonate) (PTMC) 
[38,39]. PLA and PCL’s bulk erosion behavior [31] and their acidic 
degradation products [40] may accelerate Mg alloy corrosion [32]. 

PTMC has been demonstrated to degrade by surface erosion [41], 
which provides long-term effective corrosion protection for Mg alloys. 
More importantly, the hydrolysis of PTMC is an approximately net 
neutral ionic process, with a pH that remains within the physiological 
pH during degradation. This feature differs from others usually consid-
ered polymers for implant corrosion prevention [38]. The poor stiffness 
and high viscosity of PTMC remain barriers to its application in Mg alloy 
BRS. PLGA is an elastomeric copolymer approved by the FDA [42,43]. 
Previous research has revealed that PLGA has tremendous potential as a 
surface coating for Mg alloys due to its excellent biocompatibility, strong 
hydrophobicity, and drug-carrying ability [44–46]. 

Although reasonable surface treatment improves the corrosion 
resistance of Mg alloy BRS as compared to bare stents, the inadequate 
bonding force between the coating and the Mg alloy substrate and the 
accelerated corrosion of the stent caused by acidic corrosion products 
remain significant challenges for existing coating techniques. Accord-
ingly, rare earth-free Mg alloy BRS with sufficient durability have not 
yet been accomplished, with the exception of Maris stents [47]. 

Here, we adopted the rare earth-free ZM21 alloy for the stent body 
and developed a “built-up” composite film based on biocompatibility 
and degradation considerations. The composite film is made up of a 
PTMC and APTES composite coating in the middle, a uniform and dense 
MgF2 layer at the bottom, and a PLGA layer on top. Based on the 
inspiration of solid solution strengthening of alloys, a small amount of 
APTES was added as a strengthening phase in the PTMC coating by 
physical spraying. APTES has been confirmed to degrade into a single 
molecule of Si(OH)4 and would be removed by the urinary system 
without adverse tissue reactions, and silane-based coatings have also 
been certified to have excellent biocompatibility [36,48,49]. The PA 
coating not only has a corrosion control effect on the substrate but also 
effectively blocks the weakly acidic corrosion products of PLGA 
degradation. 

All of the corrosion samples in this study are based on stents to reflect 
the service conditions of the final device more accurately, and all stents 
have been compressed onto balloons and expanded before evaluation. In 
vitro immersion tests in simulated body solution (SBF) were used to 
assess the degradation properties of the composite-coated stents 
comprehensively, and the in vivo degradation behavior of the stents was 
evaluated by implantation experiments. The primary purpose of this 
study is to establish a complete corrosion evaluation mechanism and the 
corresponding relationship between in vivo and in vitro corrosion by 
evaluating the degradation performance of ZM21 BRS in vivo and in vitro, 
as well as to assess the biocompatibility of MgF2-PA-PLGA stents. 

2. Experimental methods 

2.1. Materials 

Coronary stents and metal sheets of the rare earth element-free ZM21 
were provided by Baier Maidike Medical Technology Co., Ltd. 
(Chengdu, China). The actual chemical composition of ZM21 is listed in 
Table 1. PTMC (Mw = 200000) and PLGA (Mw = 100000, Mw =
500000, Mw = 800000, with a GA:LA ratio of 25:75) were purchased 
from Daigang Bioengineering Co., Ltd. (Jinan, China). Anhydrous 
ethanol (AE), tetrahydrofuran (THF), and 3-aminopropyl triethox-
ysilane (APTES) were purchased from McLean Biochemical Technology 
Co., Ltd. (Shanghai, China). SBF (pH 7.4) was freshly prepared prior to 
use [50]. 

2.2. Preparation of the MgF2-PA-PLGA composite coating 

The preparation procedure of the “build-up” composite film is shown 
in Fig. 1A. Firstly, the ZM21 stents or sheets were immersed in 40% HF 
solution under shaking (300 r/min) at 25 ◦C for 8 h. Then, the samples 
were ultrasonically cleaned with AE for 5 min and desiccated using a 
vacuum oven. Subsequently, the PTMC and APTES solutions were co- 
sprayed onto the MgF2 surface to obtain PTMC/APTES composite 
coatings. Briefly, PTMC (1 mg/mL in THF) and APTES (1% in AE) so-
lutions were filtered using a 0.45 μm filter. Then, the two solutions were 
filled into two individual syringes and placed on micro syringe pumps. 
The feeding speeds of PTMC and APTES solutions were 0.05 and 0.01 
mL/min, respectively, and 20 spraying cycles were processed. After 
spraying, the samples were dried in a vacuum oven at 100 ◦C for 1 h. The 
PTMC/APTES composite coating-covered samples were named MgF2- 
PA. Finally, the PLGA coating was deposited on MgF2-PA. Briefly, PLGA 
was dissolved in THF (2 mg/mL) and filtered using a 0.45 μm filter. 
Then, the solution was sprayed onto MgF2-PA with a feeding speed of 
0.035 mL/min for 20 cycles. Afterwards, the samples were dried in a 
vacuum for 1 h at 37 ◦C and stored for future use. The obtained PLGA 
covered MgF2-PA and was named MgF2-PA-PLGA. Simply put, the 
“build-up” composite film consists of a bottom MgF2 conversion coating, 
a PA intermediate layer, and a PLGA top layer. PLGA was prepared by 
spraying PLGA on the surface of bare stents, and PTMC, APTES, and 
PLGA were sprayed on the surface of MgF2 to prepare MgF2-PTMC, 
MgF2-APTES, and MgF2-PLGA as control samples. 

2.3. Material characterizations 

The chemical characterization of the stents was performed by energy 
dispersive spectroscopy (EDS) in area scan mode with an acceleration 
voltage of 10 kV. EDS analysis was carried out in two locations: the first 
was scanned at low magnification to determine element distribution, 
and the second was scanned at high magnification to evaluate element 
content. The molecular structures of MgF2, MgF2-PTMC, MgF2-APTES, 
MgF2-PLGA, MgF2-PA, and MgF2-PA-PLGA composite coatings were 
measured by a Fourier transform infrared spectrometer (Nicolet 5700, 
Nicolet Inc., USA). High-resolution scanning electron microscopy (SEM) 
images of the PA coating were obtained using a JSM-7800F Prime in-
strument (JEOL Ltd., Japan). SEM and a stereo microscope (NSZ-608T, 
Nanjing Jiangnan Novel Optics Co., Ltd., China) were used to observe 
the microscopic morphology of the coating after the stent was crimped 
and expanded to a diameter of 2.75 mm. To measure the coating 
thickness, the stents were first cut out using microscissors, then the 
cross-sections were exposed by mounting the samples vertically to the 

Table 1 
Chemical composition of the ZM21 Mg alloy.  

Elements Zn Mn Mg 

wt.% 1.7607 0.4519 Bal.  
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stage. All samples were sputtered gold with a 15 nm thickness before 
SEM evaluation. The process of compressing and expanding the stent is 
displayed in Fig. 1B. The stent was first compressed with a radial pres-
sure of 90 N using a stent compression station (Model CX with 
Autosheath and Alpha-Crimp™, BlockWise, USA), and then expanded 
with a balloon pressure pump (JYLB-01, Shenzhen Jinchengrui Medical 
Technology Co., Ltd., Chain) under 12 atm water pressure. The radial 
support force of the ZM21 stents was tested with an electronic universal 
testing machine (AGS-X 2 kN, Shimadzu, Japan) at a loading rate of 1 
mm/min. 

2.4. In vitro degradation test 

Mg corrodes in aqueous solution generally according to the following 
reaction formula:  

Mg + 2H2O → Mg(OH)2 + H2                                                         (1) 

Consequently, the release of hydrogen can be used to calculate the 
corrosion rate of Mg alloys. Static hydrogen collecting devices were used 
to assess the stents’ hydrogen evolution rate [9] with a 0.05 ml resolu-
tion for the detection of gas generation at very low levels. A Tris/HCl 
buffered SBF solution was chosen as the corrosion medium to evaluate 
the in vitro degradation behavior of stents to simulate the blood vessel 
environment [50]. Before the test, all the stents were crimped with 90 N 
radial pressure on a balloon delivery system (2.75 × 18 mm), followed 
by full dilatation with 12 atm pressure. Unless otherwise mentioned, the 
same compression and expansion procedures were performed for all 
tests. As shown in Fig. 3A and Figs. S1–C, the expanded stents were fixed 
in the hydrogen evolution collection devices using fishing lines and 

immersed in 250 mL of SBF solution for 1, 2, 4, 7, 14, and 21 days at 
37 ◦C. The relative mass loss of the stent is calculated according to the 
following formula [47,51]: 

Mass loss= [(V /Vm)×M] /M0 × 100% (2)  

where V is hydrogen volume in L; Vm = 22.4 L/mol, representing the 
molar volume of gas at standard temperature and pressure conditions; 
M = 24.305 g/mol, which is the relative atomic mass of Mg; and M0 is 
the initial mass of the stent in g. 

The in vitro corrosion rate of the stent is calculated using the 
following equation [47,51]: 

PH = 2.279 × VH (3)  

where: 
VH = volume (ml)/surface area (cm2)/days, the surface area of the 

stent is 1 cm2, and. 
PH = mm/year. 
The morphology and remaining radial support force of stents after 

immersion were determined by SEM, stereomicroscopy, and an elec-
tronic universal testing machine, respectively. On the 2nd, 4th, 6th, 8th, 
10th, 14th, and 21st days of stent corrosion, 5 ml of stent corrosion 
solution was collected respectively, and the Mg2+ concentration was 
detected by atomic absorption spectrometry (TAS-990, Beijing Purkinje 
General Instrument Co., Ltd.). 

2.5. Cytotoxicity and compatibility testing 

The preparation of stent extracts was performed according to ISO 
10993–5:2009 standards [52]. The prepared stents (30 each of PLGA, 

Fig. 1. (A) Schematic diagram for preparing MgF2-PA-PLGA composite coating on ZM21 stents. (B) The surface morphology of the coatings after compression and 
expansion. (C) SEM images of strut cross-sections. 
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Fig. 2. The surface elemental map (A) and element mass ratio (B) of the bare ZM21, MgF2, MgF2-PA, and MgF2-PA-PLGA stents obtained by EDS. (C) FT-IR diffuse 
reflection spectra of Mg samples coated with MgF2, MgF2-APTES, MgF2-PTMC, MgF2-PLGA, MgF2-PA, and MgF2-PA-PLGA. 

Fig. 3. In vitro corrosion evaluation of stents. (A) In vitro corrosion hydrogen collection device with ±0.05 ml resolution. (B) Hydrogen release curves after 96 h of 
immersion for Bare, PLGA, MgF2, MgF2-PA, and MgF2-PA-PLGA. (C) Hydrogen release behavior of the blank group and MgF2-PA-PLGA-coated stents immersed for 21 
days. (D) Mg2+ concentration of MgF2-PA-PLGA stents at different immersion time points. (E) Mass loss of stents with MgF2-PA-PLGA coating that were immersed for 
1, 2, 4, 7, 14, and 21 days. (F) Corrosion rates of Bare, PLGA, MgF2, MgF2-PA, and MgF2-PA-PLGA in vitro. 
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MgF2, MgF2-PA, and MgF2-PA-PLGA) were divided into two groups and 
put into four centrifuge tubes containing 30 ml of endothelial cell cul-
ture medium (ECM, ScienceCell, US) and smooth muscle cell culture 
medium (SMCM, ScienceCell, US) respectively, and the extracts were 
collected after 24 h of incubation at 37 ◦C. 

In the cell culture experiment, human umbilical vein endothelial 
cells (HUVECs) and human umbilical artery smooth muscle cells 
(HUASMCs) purchased from Guangzhou Geneo Biotech were first sub-
cultured and then seeded in 24-well plates at a density of 1.5 × 104 and 
2 × 104 cells/ml, respectively. After incubation at 37 ◦C and 5% CO2 for 
1 day, the medium was removed, and 1 ml of extract was added to the 
corresponding wells according to the grouping. The cells cultured with 
ECM and SMCM medium without extract were used as the control group. 
The HUVECs and HUASMCs added with different extracts were incu-
bated at 37 ◦C with 5% CO2 for 1, 3, and 5 days, and the cells cultured for 
3 and 5 days were replaced with new medium and extracts when they 
were cultured for 1 and 3 days, respectively. After incubation, the cul-
ture medium and extraction solution in the well plate were removed, 
rinsed with 0.9% saline three times, and 300 μL of fresh culture medium 
consisting of 90% complete medium and 10% CCK-8 reagent were added 
to each well. The cells were then incubated for 1 h. Subsequently, 200 μL 
of the supernatant were collected and transferred into a 96-well plate, 
and the absorbance value at 450 nm was detected with a microplate 
reader (Epoch 2, BioTek, VT, USA). The following is a detailed calcu-
lation of cell viability [53]: 

Cell viability= [(As − Ab) / (Ac − Ab)] × 100% (4)  

where: 
As = OD value of the experimental wells; Ab = OD value of blank 

wells; Ac = OD value of control wells. 
The cells in the 24-well plate were fixed with 3% glutaraldehyde at 

room temperature for 2 h, stained with rhodamine 123, and photo-
graphed by fluorescence microscopy (Axio Observer Z1, Carl Zeiss, 
Germany). 

2.6. Semi-in vivo and In vivo hemocompatibility 

Semi-in vivo as well as short-term implantations of the stent were 
performed in order to further evaluate the hemocompatibility of the 
MgF2-PA-PLGA stent. Semi-in vivo experiments were performed using an 
arteriovenous shunt model that had previously been reported [54]. 
Before the experiment, New Zealand white rabbits (3–3.5 kg) purchased 
from Chengdu Dashuo Laboratory Animal Technology Co. were anes-
thetized by intravenous injection of pentobarbital sodium (30 mg/kg). 
The extracorporeal circuit was established by connecting the left carotid 
artery and the right external jugular vein of New Zealand white rabbits, 
and the 316L stainless steel (SS) stent, PLGA, MgF2, MgF2-PA, and the 
MgF2-PA-PLGA stent were compressed and implanted in the middle of 
the extracorporeal circuit (Fig. 8A). After 2 h of blood circulation, the 
experiment was terminated, the cross-section of the tube containing the 
stent was photographed, and the patency rate was calculated. After that, 
the stent-containing tubes were fixed overnight in a 2.5% glutaralde-
hyde solution and subjected to gradient dehydration and drying. The 
mass of the thrombus was calculated by extracting the stent from the 
tube and weighing it prior to analysis by SEM. 

In order to further evaluate the hemocompatibility of the stent in 
vivo. 316L SS and MgF2-PA-PLGA stents were respectively implanted in 
the iliac arteries of New Zealand white rabbits (Fig. 8F). Blood vessels 
containing stents were collected 2 h after implantation and fixed with 
2.5% glutaraldehyde for 24 h, then dehydrated, dealcoholized, and 
critical point dried for SEM observation. 

2.7. In vivo long-term implantation of stents 

Twelve adult male New Zealand white rabbits (3–3.5 kg) were used 

for stent implantation. The rabbits were divided into three groups ac-
cording to the time of implantation. Bare ZM21 stents and MgF2-PA- 
PLGA stents were individually crimped onto 2.75 × 18 mm balloon 
delivery systems and sterilized by ethylene oxide. Before implantation, 
rabbits were anesthetized with an intravenous injection of sodium 
pentobarbital (30 mg/kg). Then, both bare ZM21 stents and MgF2-PA- 
PLGA stents were delivered to the left and right iliac arteries by punc-
turing, respectively. During implantation, the balloon pressure was 12 
atm for 40 s. The rabbits were euthanized after 1, 3, and 6 months of 
implantation, and the arteries containing stents were harvested for 
micro-CT, SEM, and histological analysis. All animal experimentation 
procedures complied with the Guide for the Care and Use of Laboratory 
Animals and the Regulations on the Administration of Laboratory Ani-
mals of Southwest Jiaotong University. 

2.8. Histological analysis 

Harvested arteries containing bare ZM21 and MgF2-PA-PLGA stents 
were randomly selected for morphological and histological evaluation. 
The stented arteries were cut into two equal sections along the trans-
verse direction. One section was further longitudinally halved and fixed 
in 2.5% glutaraldehyde for 24 h, then dehydrated, dealcoholized, and 
critical point dried for SEM observation. The other half was fixed in 4% 
paraformaldehyde solution for 4 h at room temperature, then dipped in 
0.5% Triton X-100 solution in PBS for 30 min, then blocked with 1.5% 
BSA in PBS at 4 ◦C for 12 h. After incubating in mouse anti-rabbit CD31/ 
PECAM-1 antibody solution (Novus Biologicals, 1:200 dilution with 
1.5% BSA) and goat anti-mouse IgG-Alexa Fluor® 488 secondary anti-
body solution (BIOSS, 1:200 dilution with 1.5% BSA) for 12 h at 4 ◦C, the 
stented artery was stained with phalloidin-TRITC (1:40 dilution with 
1.5% BSA) and 4’,6-diamidino-2-phenylindole (DAPI, dilute to 1 μg/mL 
with 1% BSA) for 24 h and 10 min, respectively, then observed using a 
Laser Scanning Confocal Microscope (A1 Plus, Nikon, Japan) and 
analyzed with NIS-Elements Viewer Software (NIS-E 4.5, Nikon, Japan). 
The other transversely halved section was fixed for 24 h in 4% para-
formaldehyde and then embedded in paraffin. The embedded artery was 
sliced at 5 μm intervals and cut into five slices. Subsequently, the sam-
ples were stained with hematoxylin-eosin (H&E), photographed, and 
analyzed using a light microscope (CKX41, OLYMPUS, Japan). 

2.9. Micro-CT analysis 

The MgF2-PA-PLGA stents at different time points (1, 3, and 6 
months) were scanned using a μCT 100 (SCANCO Medical micro-CT 
systems, Switzerland) with a scanning resolution of 6.6 μm (70 kV, 
114 μA, 230 ms). Mimics Research 21.0 software was used to reconstruct 
three-dimensional images and calculate the volume of stents and 
corrosion products. 

2.10. Statistics and data analysis 

All experimental results are expressed as mean ± standard deviation 
(SD). More than three independent samples were used for each test. 
Statistical analysis was performed using SPSS 18.0 software (SPSS Inc., 
Chicago, USA) by one-way ANOVA of variance. *p < 0.05 was consid-
ered a significant difference between groups. 

3. Results 

3.1. Characterization of the coatings 

3.1.1. Microstructure and mechanical properties of the coatings 
The degradation rate of a Mg alloy BRS is determined by the coat-

ing’s performance [55]. To comprehensively evaluate the mechanical 
properties of several coatings, SEM was used to characterize the thick-
ness and surface morphology of the coatings after compression and 
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expansion (Fig. 1B and C). The results showed no obvious deformation 
or detachment of the MgF2 coating during compression and expansion, 
implying good mechanical properties of the MgF2 coating. While wrin-
kles and synechiae appeared after compression and expansion of the 
PTMC coating. This was mainly caused by the poor stiffness and vis-
cosity of PTMC. By contrast, the APTES coating maintained a continuous 
and smooth surface morphology after compression with only a few 
small-sized ruptures. Nevertheless, the number of these cracks increased 
significantly, and part of the coating detached from the substrate after 
expansion. These results indicated that pure APTES and PTMC coatings 
both have poor mechanical properties, leading to severe defects during 
stent deformation. Defects in the coating could weaken its protective 
effect and induce localized corrosion [56]. Noticeably, the MgF2-PA 
coating combined the stiffness and stickiness of PTMC and APTES, 
retaining its shape without cracking throughout the compression and 
expansion processes. This shows the synergistic function between PTMC 
and APTES. In comparison to the MgF2-PA coating, the surface 
morphology of the “built-up” composite film was smoother and also had 
excellent compression and expansion properties. 

The cross-sectional images showed a dense MgF2 conversion layer 
with a thickness of 0.75 μm formed on the stent surface. In MgF2-PTMC, 
MgF2-APTES, MgF2-PA, and MgF2-PA-PLGA, the coating thicknesses of 
PTMC, APTES, PA, and PA-PLGA were 3.5 μm, 5 μm, 4 μm, and 9.5 μm, 
respectively. The MgF2 coating was not visible in other coatings due to 
its low thickness [57]. Even though the sample preparation process left a 
tiny gap between the coating and the substrate, the evaluation of the 
compression and expansion characteristics of the “built-up” composite 
film shows the coating’s excellent adherence to the substrate. 

3.1.2. Chemical characterization of the coating 
Fig. 2A shows the surface elemental maps of ZM21, MgF2, MgF2-PA, 

and MgF2-PA-PLGA stents, and the corresponding atomic mass ratios are 
shown in Fig. 2B. Mg, Zn, Mn, C, and O are clearly visible on the surface 
of ZM21. C and O may be caused by surface oxidation or alcohol residues 
left during stent polishing. The homogeneous distribution of F elements 
on the MgF2 stent surface implies that the MgF2 film was successfully 
prepared. The Si in APTES emerged on the surface of the MgF2-PA stent, 
whereas the F element was very faint, implying that the MgF2 had been 
covered by the PA coating. Furthermore, a trace quantity of Si was 
detected on the surface of the MgF2-PA-PLGA stent, illustrating that the 
PLGA entirely encapsulated the MgF2-PA. 

The FT-IR spectra of each material utilized to prepare the composite 
coating are displayed in Fig. 2C. No characteristic peak was observed on 
MgF2 substrates. The MgF2-APTES sample clearly showed a peak around 
1045 cm− 1, corresponding to Si–O asymmetric stretching in -Si-O-Si- 
[58,59]. The peak at 1590 cm− 1 was mainly caused by the protonated 
amino groups from APTES’s successful bonding. In addition, APTES 
forms covalent connections with MgF2 substrates due to hydroxyl groups 
[36,48]. The peaks of MgF2-PTMC coating at 1750 cm− 1 and 1270 cm− 1 

correspond to the C––O and C–O stretching vibration characteristic 
peaks of PTMC, respectively [39]. The presence of the PLGA layer is 
confirmed by the C––O stretching at 1775 cm− 1 and the C–O stretching 
at 1215 cm− 1 in the MgF2-PLGA coating [1,60,61]. In the MgF2-PA 
coating, the characteristic peaks of PTMC and APTES are seen, but not in 
the MgF2-PA-PLGA coating. However, the C––O stretching at 1775 cm− 1 

and the C–O stretching characteristic peak at 1215 cm− 1 for PLGA were 
seen in the MgF2-PA-PLGA coating. Furthermore, this solid polysiloxane 
network with exposed amine functional groups not only promotes 
adhesion to substrates but also enhances bond strength by forming 
hydrogen bonds with PTMC and PLGA [39,60]. In order to study the 
mixed structure of the PA coating further, 1 mg/ml PTMC, 1% APTES, 
AE, and THF were mixed two by two. As shown in Figs. S1–A, precipi-
tation formed after the addition of APTES solution or AE to the PTMC 
solution. Nevertheless, no precipitation occurred after adding THF to the 
APTES solution. This reveals that PTMC is AE-insoluble. As shown in 
Figs. S1–B, the PA coating has a microphase separation structure. The 

EDS results show that the continuous phase has a higher silicon content, 
indicating that the continuous phase is APTES. Additionally, when 
PTMC and APTES were co-sprayed on the surface of the stent, THF 
evaporated quicker than AE, causing PTMC to precipitate in AE and form 
a microphase-separated structure. The above results revealed that the 
“built-up” composite film was successfully prepared on the material’s 
surface. 

3.2. In vitro corrosion behavior 

3.2.1. Hydrogen release rate 
The in vitro degradation rates of bare ZM21 and modified stents were 

evaluated by a hydrogen release detection device. The upgraded 
hydrogen evolution device is an inverted cylindrical funnel that can 
contain more electrolytes and increase the ion exchange of the solution 
around the bracket. Moreover, the gas volume resolution of 0.05 mL 
allows for the detection of tiny gas changes (Figs. S2–D). In the corrosion 
assessment, a blank group was included to eliminate the impact of the 
solution itself on the hydrogen release rate. The hydrogen release curves 
of the PLGA-coated stents are shown in Figs. S2–A. The protective effects 
of three molecular weight PLGAs on bare stents did not vary signifi-
cantly. As shown in Figs. S2–B, bare ZM21 stents had the highest 
hydrogen release rate, whereas stents coated with MgF2, PLGA, MgF2- 
PA, and MgF2-PA-PLGA had gradually decreased release rates. The gas 
release curves of the MgF2-PA-PLGA stent and the blank group were 
almost identical, revealing that the “built-up” composite film stents 
basically did not corrode during four days of immersion. 

Fig. 3B displays the hydrogen release curves of the stents in each 
group after blank-correction. It is obvious that the MgF2-PA-PLGA- 
coated stents did not release substantial hydrogen after immersion for 4 
days. The curve reached a plateau after 24 h of immersion, suggesting 
that the bare ZM21 stents had degraded entirely. MgF2 stents and PLGA 
stents prolonged the period of degradation to 4 days in comparison to 
bare stents, whereas MgF2-PA stents dissolved around 50% after 4 days 
of immersion. Fig. 3C shows that the MgF2-PA-PLGA stents had almost 
no hydrogen release during the first seven days of immersion, but that 
the quantity of hydrogen release steadily increased over the seventh 
through twenty-first days of immersion. This indicates that the MgF2- 
PA-PLGA stents degrade as immersion time increases. Fig. 3D shows the 
Mg2+ release rate of the MgF2-PA-PLGA stents at various time periods 
during immersion. The amount of Mg2+ released in the solution steadily 
increases as the immersion period increases. At the same time, the mass 
loss data in Fig. 3E revealed that the stent’s mass loss was maintained at 
a low level throughout the early stage of immersion and increased 
significantly from 14 to 21 days. In addition, Fig. 3F depicts that the 
MgF2-PA-PLGA stent has the lowest corrosion rate of 0.26 ± 0.08 mm/y, 
whereas the bare stent, PLGA, MgF2, MgF2-PA, and MgF2-PA-PLGA have 
corrosion rates of 6.89 ± 0.82, 0.74 ± 0.23, 1.26 ± 0.27, and 1.60 ±
0.52 mm/y, respectively. The above results indicate that the “built-up” 
composite layer has an excellent corrosion control function on the bare 
stent. 

3.2.2. Corrosion morphology 
The corrosion morphologies of bare ZM21 stents and modified stents 

after immersion in SBF for 4 h, 1 day, 2 days, 4 days, 14 days, and 21 
days are shown in Fig. 4. The macro-corrosion morphology is shown in 
Fig. 4A. After immersion for 4 h, the bare stents were severely corroded, 
and the majority of the stent struts were broken. The corrosion resis-
tance of the modified stent was significantly improved compared to the 
bare stent. The MgF2 stent retained its physical structure during the first 
two days of immersion, but it was completely dissolved by the fourth 
day. The MgF2-PA stent still had a relatively complete structure after 4 
days, but some areas were seriously corroded. However, when the 
MgF2-PA-PLGA stent was immersed on the 14th day, it still retained the 
complete structure, indicating that the MgF2-PA-PLGA coating had 
excellent corrosion protection on the ZM21 stents. The MgF2-PA-PLGA 
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stent, however, was severely corroded after 21 days of immersion, 
indicating that the stent exhibited accelerated corrosion from the 14th to 
the 21st day of immersion. 

The microscopic corrosion morphology is shown in Fig. 4B, which is 
consistent with the results of the macroscopic morphology. Many cracks 
appeared on the surface of the bare ZM21 stent after immersion for 4 h, 
which indicated that the stent had undergone severe crevice corrosion. 
The same phenomenon also occurs after immersion of the MgF2 stent for 
1 day. It is clearly seen that the most serious corrosion is in the bending 
part of the stents. On the contrary, the coating on MgF2-PA-PLGA stents 
did not have obvious cracking phenomena even after immersion until 
the 14th day. However, severe corrosion occurred on the surface of the 
MgF2-PA-PLGA stent after 21 days of immersion, and the stent struts 
were distorted. This clearly displays the “built-up” composite film’s 
excellent corrosion control effects, as well as the synergistic functions of 
the MgF2, PA, and PLGA coatings. 

The cross-sections of the stents immersed at different times were 
evaluated by SEM in order to reflect the overall corrosion morphology 
more accurately. Furthermore, the stress concentration area is enlarged 
and analyzed (Fig. 5A). The results demonstrate that all of the stents 
exhibit a more severe tendency to corrosion in the stress concentration 
area than in other regions [62,63]. After 14 days of immersion, the 
MgF2-PA-PLGA stents still had their full physical structure, but the 
protective coating at the stress concentration location had decreased, 
which is also shown in Fig. 5B. However, after 21 days of immersion, the 
stent structure was distorted, and more severe corrosion occurred in the 
stress concentration region. This indicates that during long-term im-
mersion of a stent, the preferential corrosion sites seem to be the 
bending sections, or stress concentration sites. In situ corrosion of 
expanded and unexpanded MgF2-PA-PLGA stents confirmed this hy-
pothesis (Fig. 5B). During a 21-day immersion, the unexpanded stents 
exhibited no corrosive signs. Nevertheless, the number of corrosion sites 

on the MgF2-PA-PLGA stent increased on the 14th day of immersion, and 
the corrosion area expanded further after 21 days of immersion. This 
phenomenon clearly illustrates that the stent’s compression and 
expansion significantly influence the coating, particularly at the loca-
tions of stress concentration. Furthermore, despite the fact that corro-
sion sites were observed in the MgF2-PA-PLGA stents after 14 days of 
immersion due to stress concentration, compared to bare ZM21 stents, 
the corrosion resistance of MgF2-PA-PLGA stents in vitro was substan-
tially superior. This is sufficient evidence that the “built-up” composite 
film stent has outstanding corrosion control effects in vitro. 

3.2.3. Radial strength 
The surface morphology of the stent after corrosion can only reflect 

the stent’s local corrosion degree and hardly reveal changes in the 
stent’s mechanical characteristics. As a result, it is necessary to evaluate 
the radial support force of the stents after corrosion. Fig. 6 depicts the 
variations in radial support force of the stents after different immersion 
times. It can be seen that the bare stent completely lost its supporting 
force after immersion for one day, while the supporting force of the 
MgF2 stent and the MgF2-PA stent dropped sharply after two days of 
immersion. On the fourth day, the supporting force of the MgF2-PA stent 
was less than 40% of the initial supporting force (Fig. 6C). The pre-
dominant cause of the decrease in supporting force of MgF2-PA coated 
stents after 4 days of immersion was the rapid breakdown of the coating 
and the occurrence of localized corrosion spots (Fig. 5A). Fig. S2-C re-
veals that the supporting force of the MgF2-PA-PLGA stent decreases in a 
linear way, and even after 21 days of immersion, 16% of the supporting 
force persists, demonstrating once again the MgF2-PA-PLGA coating’s 
exceptional corrosion control effects. 

Fig. 4. Corrosion morphologies of stents in vitro. (A) Macro morphology of stent after immersion at different time points. (b) SEM images of stents immersion at 
different time points. Insets are magnified images of the yellow rectangular area. (The empty area indicates that the stent has completely degraded.) 
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Fig. 5. The cross-sectional photographs (A) and in situ corrosion morphologies (B) of stents after immersion at different times. (A) The cross-sectional SEM images of 
stent immersion for 1, 2, 4, 14, and 21 days. Insets are magnified images of the yellow rectangular area. (B) In situ corrosion morphologies of stents prior to corrosion, 
immersion for 1, 2, 4, 14, and 21 days. The area in the yellow dashed box indicates the occurrence of localized corrosion. (The empty area indicates that the stent has 
completely degraded.) 

Fig. 6. Radial support force of stents after immersion at different time points. (A) 1 day. (B) 2 days. (C) 4 days. (D) 7 days. (E) 14 days. (F) 21 days.  

Z. Dou et al.                                                                                                                                                                                                                                     



Bioactive Materials 25 (2023) 223–238

231

3.3. Cytocompatibility and hemocompatibility 

3.3.1. In vitro cytocompatibility 
Excellent biocompatibility is considered a prerequisite for the clin-

ical application of implanted devices. As a result, we performed bio-
logical experiments in vitro on PLGA, MgF2, MgF2-PA, and MgF2-PA- 
PLGA. As shown in Fig. 7A, there were no significant differences in the 
morphology of HUVECs cultured in the control group, PLGA, MgF2, 
MgF2-PA, and MgF2-PA-PLGA extracts after 1, 3, and 5 days of incuba-
tion. The cell viability data (Fig. 7B) similarly revealed that there was no 
significant difference in the cell vitality of HUVECs in various groups 
after 1 day of culture. Although there was a significant difference in cell 
viability between the PLGA group and the control and MgF2-PA-PLGA 
groups after 3 and 5 days of incubation, cell viability remained over 
85%, indicating that PLGA, MgF2, MgF2-PA, and MgF2-PA-PLGA ex-
tracts had no cytotoxicity to HUVECs. Fig. 7C shows the morphology, 
and cell viability data of HUASMCs cultured with PLGA, MgF2, MgF2- 
PA, and MgF2-PA-PLGA extracts for 1, 3, and 5 days. Compared to the 
control group, MgF2, MgF2-PA, and MgF2-PA-PLGA exhibited no 
discernible cytotoxicity. 

3.3.2. Semi-in vivo and In vivo hemocompatibility 
The morphology and cross-sectional images of the tube in Fig. 8 B 

revealed no severe thrombus formation or occlusion after 2 h of blood 
flow, but there was still a minor quantity of thrombus consisting of blood 
cells and reticular fibrin structures in local areas (Fig. S3). In addition, 
Fig. 8D shows that the clogging rate of PLGA, MgF2, MgF2-PA, MgF2-PA- 
PLGA, and 316L SS after 2 h of blood circulation is less than 10%. The 
SEM images in Fig. 8E revealed that there were just a few round platelets 
on the surface of most sections of all stents. 

Fig. 8G displays thrombus formation on the stent surface 2 h after the 
MgF2-PA-PLGA and 316L SS stents were implanted in the iliac artery. 
There is no significant thrombus generation in the blood vessels 

implanted with MgF2-PA-PLGA and 316L SS stents. However, a typical 
fibrous network structure emerged on the side of the stent’s bending 
section, followed by local red blood cell accumulations. The turbulent 
flow at the bending location of the stent slows the blood flow at this site, 
which should be the primary cause of thrombus development [64]. The 
above results indicate that there are no significant differences in the 
hemocompatibility of PLGA, MgF2, MgF2-PA, MgF2-PA-PLGA, and 
316L SS stents. 

3.4. In vivo degradation behavior and biocompatibility 

3.4.1. Micro-CT analysis 
To evaluate the degradation behavior of the stents in vivo, bare stents 

and MgF2-PA-PLGA stents were implanted into New Zealand white 
rabbit arteries. Three-dimensional images of MgF2-PA-PLGA stents 
implanted at 1, 3, and 6 months were reconstructed by high-resolution 
micro-CT technology. Fig. 9 shows micro-CT images and the volume 
of Mg stents and corrosion products implanted at different time points. 
The MgF2-PA-PLGA stent retained physical integrity during one month 
of implantation in vivo (Fig. 9A–i and A-ii), only a few points of the stent 
were corroded, and the corrosion locations were the bends of the stent 
structure (inset in Fig. 9A–i). This is consistent with the results of the in 
vitro corrosion. At three months, the MgF2-PA-PLGA stent exhibited se-
vere corrosion, especially at the stress concentration sites (Fig. 9A–iii), 
but the geometry of the stent was still recognizable. Moreover, the stent 
retracted significantly in the absence of blood pressure due to the lack of 
support force. At six months, the outline of the stent was no longer 
observable, except for some scattered corrosion particles and debris 
(Fig. 9A–v and 8A-vi). 

Fig. 9B depicts the cross-sectional slices of the stented vessels. Ho-
mogeneous vessel walls and intact cross-sectional pictures of stent struts 
were found at 1 month. Three months after the MgF2-PA-PLGA stents 
were implanted, the lumen was obviously lost, and the intima thickness 

Fig. 7. (A) Fluorescent staining of HUVECs cultured for 1 day, 3 days, and 5 days. (B) HUVECs’ viability after 1 day, 3 days, and 5 days of incubation is calculated 
from CCK-8 tests. (C) Fluorescent staining of HUASMCs cultured for 1 day, 3 days, and 5 days. (D) HUASMCs’ viability after 1 day, 3 days, and 5 days of incubation is 
calculated from CCK-8 tests. Data are presented as mean ± SD (n = 4), *p < 0.05, **p < 0.01, ***p < 0.001, ****p < 0.0001. 
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increased, which may be related to the rapid degradation of the stents 
[65]. At six months, a few stent struts were seen. Volume changes of 
stents and corrosion products at different time points were calculated by 
grayscale adjustment in Mimics Research 21.0 software and are shown 
in Fig. 9C. At 1 and 3 months after stent implantation, the volume of 
corrosion products remained between 20% and 25%, implying that the 
degradation products were continuously absorbed [66]. The volumes of 
MgF2-PA-PLGA stents were 82.6 ± 3.4%, 49.5 ± 10.6%, and 3.1 ± 0.2% 
after 1, 3, and 6 months after implantation, respectively. 

Image J was used to determine the vessel wall thickness and lumen 
area from the CT scans. Consistent with the findings in Fig. 9B, the 
lumen was drastically reduced three months after implantation, 
decreasing from 4.3 ± 0.3 mm2 at 1 month to 1.0 ± 0.1 mm2 at 3 
months, and the vessel wall thickness fell from 206.9 ± 43.9 μm to 391.7 
± 58.6 μm. At six months, the tendency was the opposite; the vessel wall 

thickness gradually decreased and the lumen area increased. 

3.4.2. Endothelialization analysis 
The surfaces of the MgF2-PA-PLGA and bare ZM21 stents were 

covered entirely by tissue one month after implantation into the iliac 
arteries (Fig. 10A) with the structure of the stents still visible. The stent 
with the MgF2-PA-PLGA coating retained its mechanical integrity, but 
the bare ZM21 stent corroded severely at its corners and lost mechanical 
recoil. To further evaluate the degree of endothelialization, immuno-
fluorescence staining was performed on vessels containing MgF2-PA- 
PLGA coating and bare stents implanted for 1 month (Fig. 10B). The 
results showed that the bare stent had fewer nuclei than the MgF2-PA- 
PLGA stent. Also, both MgF2-PA-PLGA-coated stents and bare stents 
showed CD31 expression, but MgF2-PA-PLGA-coated stents had a denser 
and more intact endothelial cell layer. 

Fig. 8. Semi-in vivo and in vivo hemocompatibility of stents. (A) A schematic diagram of semi-in vivo animal experiments. (B) Cross-section and appearance 
morphology after 2 h of blood circulation without additional heparin. (C) Thrombus mass after 2 h of blood circulation. (D) Tube patency rate after 2 h of blood 
circulation. (E) SEM images of the stent after blood circulation for 2 h. Insets are magnified images of the yellow rectangular area. (F) Image exhibiting the im-
plantation of stents in the left and right iliac arteries. (G) SEM images of MgF2-PA-PLGA and 316L SS stents 2 h after in vivo implantation. Data are presented as mean 
± SD (n = 4), *p < 0.05, **p < 0.01, ***p < 0.001, ****p < 0.0001. 
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At 3 months, the MgF2-PA-PLGA-coated stents were still visible, but 
the structure had deteriorated, whereas the bare stents were entirely 
invisible. The MgF2-PA-PLGA-coated stent structures were not visible 
after 6 months, which is consistent with the micro-CT data stated above. 
Furthermore, the inner wall of the blood artery clearly showed oval 
endothelial cells growing in the direction of blood flow. This implies that 
the vascular tissue in the area where the stent was implanted has begun 
to remodel and that the stent did not have a negative effect on the blood 
vessel after complete degradation. 

3.4.3. Biocompatibility evaluation 
Histological techniques were used to evaluate the biocompatibility of 

MgF2-PA-PLGA-coated stents and bare ZM21 stents (Fig. 11A). Some 
tissue was removed from its original place during tissue sectioning due 
to a mechanical mismatch between the stent struts and the paraffin- 
embedded tissue. At 1 month, the MgF2-PA-PLGA-coated stents and 
bare ZM21 stents were wrapped in new tissue. Furthermore, the struts of 
the MgF2-PA-PLGA stent were clearly visible, while some areas of the 
bare ZM21 stent had been corroded, and no obvious accumulation of 

corrosion products was found around the corroded struts. 
At 3 months, the arteries implanted with bare ZM21 stents had more 

severe tissue hyperplasia than those implanted with MgF2-PA-PLGA- 
coated stents. The bare stents dissolved completely 6 months after im-
plantation, leaving no corrosion products. Similarly, only a few small 
particles of the MgF2-PA-PLGA coated stents were discovered, and no 
corrosion products were detected in other regions. In-stent restenosis 
data (Fig. 11C) indicated that bare stents had a restenosis rate of 30 ±
7% at 1 month, compared to 9.2 ± 1.1% for MgF2-PA-PLGA-coated 
stents. At three months after implantation, the restenosis rates for bare 
ZM21 and MgF2-PA-PLGA-coated stents were 78.2 ± 4.1% and 59.1 ±
5.2%, respectively. At six months, the restenosis rates for both stents 
decreased to 70.8 ± 6.2% and 52.7 ± 6.9%, respectively. As shown in 
Fig. 11D, the lumen areas of the three-month stents were much smaller 
than those of the one-month stents, but they increased for the six-month 
stents. There were also significant differences in vessel wall thickness at 
different times after stent implantation. The vascular wall implanted 
with a bare stent and MgF2-PA-PLGA stent was thinnest at 1 month, 
401.8 ± 128 μm and 267.2 ± 78.7 μm, and thickest at 3 months, 668.8 

Fig. 9. Reconstructed 3D morphologies of MgF2-PA-PLGA stents after implantation at 1, 3, and 6 months by high-resolution micro-CT. (A-i, A-ii) One month after 
implantation, degradation occurred in some sites. (A-iii, A-iv) Support was lost 3 months after implantation due to severe deterioration. (A-v, A-vi) Completely 
degraded 6 months after implantation. (C) The volume of MgF2-PA-PLGA and corrosion products implanted at various times was calculated using Mimics Research 
21.0 software. Changes of vascular wall thickness (D) and lumen area (E) at 1, 3, and 6 months of implantation. The data are presented as mean ± SD (n = 4), *p <
0.05, **p < 0.01, ***p < 0.001, ****p < 0.0001. 
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± 106.3 μm and 555.1 ± 111.3 μm, respectively (Fig. 11D). It decreased 
to 471.2 ± 68.2 μm and 474.3 ± 98.3 μm at 6 months, respectively. This 
indicates that the intimal proliferation has been alleviated with the 
degradation of the stents. 

4. Discussion 

Reasonable surface modification contributes to the improvement of 
the corrosion control effects and biocompatibility of the Mg alloy BRS. In 
this study, MgF2-PA-PLGA “build-up” composite films were successfully 
prepared on the ZM21 BRS surface. The PA coatings formed by the co- 
spraying of PTMC and APTES exhibited excellent compression and 
expansion properties. The covalent bond between APTES and the sub-
strate improves the adhesion of the PA coating with MgF2 [36,48]. The 

PLGA on the top layer may also form hydrogen bonds with APTES to 
improve adherence to the PA coating [39,60]. 

The assessment of a biomedical implant must be performed under the 
most accurate service conditions. PTMC and APTES have shown supe-
rior corrosion resistance in prior studies [36,38]. However, different 
results were obtained when we sprayed individual PTMC and APTES 
onto the surface of ZM21 BRS. Despite the fact that the surface 
morphology was impeccable after spraying, the coating suffered sub-
stantial damage during compression and expansion (Fig. 1B). Flat 
samples were used in the majority of studies, resulting in the actual 
service environment of the stents being ignored. Compression and 
expansion are two essential steps of vascular stent implantation, which 
pose a high challenge to the coating’s interfacial adhesion and me-
chanical characteristics. Excellent expanding properties have been 

Fig. 10. (A) SEM images revealed the degree of endothelialization of MgF2-PA-PLGA and bare ZM21 stents at 1 month, 3 months, and 6 months after implantation. 
(B) Confocal laser images to evaluate endothelialization 1 month after implantation of MgF2-PA-PLGA and bare ZM21 stents. 
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demonstrated for PA coatings sprayed with PTMC and APTES, they are 
attributed to the synergistic functions of APTES and PTMC performance. 
In addition, spraying PLGA over the PA coating overcomes the peeling 
issue caused by the inadequate adhesion between the polymer and the 
Mg substrate [61]. Simultaneously, the PLGA top layer is not only 
corrosion resistant but may also be employed as a medication carrier. 
This will promote the synergistic function of various coatings. 

In addition, an improved gas volume detection device with enough 
resolution was utilized. In vitro evaluation results showed that the 
corrosion resistance of the MgF2-PA-PLGA-coated stent was significantly 
improved compared with the bare stent. Although the MgF2-PA-PLGA- 
coated stents had excellent corrosion resistance in static immersion, 
similar to all other stents, the SEM images of the stents after corrosion 
revealed that the corrosion degree of the stent bending sections was 
much higher than that of other parts. It has been demonstrated that 
during stent compression and expansion, stress concentrations are 
observed at stent bending locations [67]. Although the degree of stress 

concentration can still be reduced by optimizing the structure [3,65], it 
remains inevitable. Therefore, the coating’s protection just delays the 
beginning of corrosion in the stress concentration area [68]. Fig. 12 
depicts the stent’s coating state alterations during expansion and im-
mersion, as determined by comparing the corrosion morphology in vitro 
and in vivo. After spraying, the stent surface showed a homogeneous and 
dense coating. Nevertheless, when the stent is compressed and 
expanded, the coating on the inner surface is subjected to tensile stress 
due to the stent’s plastic deformation. On the one hand, the coating of 
the deformed portion gets thinner under the influence of tensile tension. 
In addition, under the effect of the corrosion medium, the coating at 
tensile stress is more likely to be eroded and generate defects or cracks 
[37,69], and the formation of defects or cracks increases the corrosion 
rate and corrosion non-uniformity [70]. 

Establishing the connection between in vivo and in vitro is an urgent 
task to be solved at present [71]. It is widely accepted that in vitro 
corrosion is more severe than in vivo corrosion, as indicated by prior 

Fig. 11. (A) Hematoxylin-eosin (H&E) staining images of iliac artery sections after 1, 3, and 6 months of implantation of MgF2-PA-PLGA and bare ZM21 stents. 
Vascular restenosis rate (B), lumen area (C), and vascular wall thickness (D) were calculated by Image J software. Data are presented as mean ± SD (n = 4), *p <
0.05, **p < 0.01, ***p < 0.001, ****p < 0.0001. 

Fig. 12. Schematic depicting the change of the stent’s coating during expansion and the corrosion process during immersion.  
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research [72,73]. The Micro-CT results of the stent implanted for one 
month revealed that the MgF2-PA-PLGA coated stent still had its com-
plete physical structure and provided enough radial support for the 
blood vessel. However, there were traces of corrosion in a few stress 
concentration regions, which was consistent with the in vitro corrosion 
results. The stent’s mass loss rate reached 50% three months after im-
plantation, with localized corrosion predominating. As depicted in 
Figs. S4–A, the mass loss of in vitro immersion for 14 and 21 days was 
23.7 ± 8.3% and 80.3 ± 25%, respectively. It is clear that the corrosion 
accelerated during the 14–20 days of immersion. The coating degrada-
tion and the increase of the defect area are the primary causes of the 
stent’s rapid corrosion. The degradation rates were 17.4 ± 3.4% and 
50.5 ± 10.55% after 1 and 3 months of implantation in vivo, respectively 
(Figs. S4–B). In contrast to the in vitro degradation process, the in vivo 
degradation process exhibits no obvious corrosion acceleration. The 
impact of coating degradation and endothelialization on the material’s 
corrosion rate should also be considered. Endothelialization of the stent 
after implantation in vivo slows corrosion, but the consistently high ion 
exchange rate between the stent and the electrolyte during the corrosion 
process in vitro promotes coating degradation and corrosion of the stent. 
As shown in Figs. S4–C, the corrosion rate ratios of 14 days in vitro to 30 
days and 90 days in vivo were 2.91 ± 0.59 and 3.02 ± 1.2, and the 
corrosion rate ratios of 21 days in vitro to 30 days and 90 days in vivo 
were 6.86 ± 1.17 and 6.63 ± 1.15, respectively. Studies have also 
shown that for samples with <20% corrosion, an approximate in vitro-in 
vivo multiple of 1.3 ± 0.2 is used, while when Mg samples are degraded 
by 25–35%, a multiplier of 1.8 ± 0.2 becomes appropriate [74]. 
Comparing in vitro and in vivo mechanical behavior during degradation, 
the combined in vitro and in vivo metric value was 3.1 ± 0.7 [71]. It is 
clear that any approximate multiples of in vivo and in vitro can only be 
compared under certain evaluation conditions. Outside of assessment 
conditions, evaluating the relationship between in vivo and in vitro 
would be meaningless. 

For BRS, it is required that the degradation products of the stents do 
not cause local or systemic toxicity and are expected to contribute to the 
remodeling and healing process of blood vessels [75,76]. This not only 
necessitates that the materials of the stent be biocompatible but also 
assures that the stents be capable of promoting endothelialization and 
offering adequate mechanical support in vivo. Rapid endothelialization 
has been demonstrated to be crucial for inhibiting intimal hyperplasia, 
restenosis, and late stent thrombosis [77,78]. An ideal biodegradable 
stent is considered to be able to strike a balance between degradation 
and mechanical integrity after implantation [79]. Theoretically, the 
stent should provide sufficient mechanical support for the first six 
months, while gradually degrading and remodeling the vessel over the 
next 6–12 months [79,80]. After this period, the presence of the stent in 
vivo has no positive impact [2,81]. It has also been recently reported that 
degradable stents should maintain radial support of the vessel for 3–4 
months to aid in vascular remodeling [82]. 

Although the micro-CT data indicated that the effective support time 
of the stent was less than 3 months, the findings of biocompatibility 
research are really encouraging. The scanning electron microscope and 
laser confocal pictures in Fig. 10 indicate that the stent quickly endo-
thelialized one month after implantation and that the vessel began 
remodeling at six months as the stent degraded. The HE staining data in 
Fig. 11 also showed that the bare stent was substantially degraded at 3 
months with severe intimal hyperplasia, but this phenomenon was 
significantly improved at 6 months, and no corrosion product residue 
was observed. At 3 months, intimal hyperplasia is primarily caused by 
fast stent degradation that results in “overload” of degradation products 
and vascular rebound from the lack of support force [3,83]. Addition-
ally, studies have shown that low Mg2+ concentrations (10 mM) increas 
cell survival, proliferation rate, and cell adhesion. Higher concentrations 
of Mg2+ (40–60 mM) exhibited the opposite impact on cells [84]. After 
six months, the degrading microenvironment shifted due to the dis-
solved remnants of the stent, and the vessels were rebuilt. For 

MgF2-PA-PLGA-coated stents, the degree of intimal hyperplasia was 
much lower than that of bare stents, which was related to the slow 
degradation of stents [3,85]. Although the in vitro evaluation demon-
strated that the MgF2-PA-PLGA stents were non-cytotoxic, the extract 
could not truly reflect the microenvironment after stent degradation. 
Fig. 3D shows that there is a low level of Mg2+ release early in the im-
mersion, but corrosion acceleration occurs later in the immersion and 
the concentration of Mg2+ increases significantly. Even though degra-
dation is different in vivo and in vitro, the continued degradation of the 
stent after endothelialization also causes a rise in the local pH and the 
concentration of Mg2+. This may be the primary cause of intimal hy-
perplasia. The gradual disappearance of corrosion products proved that 
the stent was completely absorbed in vivo. This eliminates concerns 
regarding the implant’s long-term safety due to prolonged degradation. 
It should be noted that although the results in Fig. 11C showed that the 
lumen area was significantly reduced after three months, the reduction 
in radial support force due to stent degradation was still not negligible 
[86], which led to the contraction of isolated vessels when there was no 
blood pressure. 

The above study revealed that surface-modified ZM21 stents 
exhibited superior corrosion control effects and biocompatibility 
compared to bare ZM21 stents. Although the performance of the stents 
in this study was significantly improved, there are still several flaws: (1) 
The degradation correlation between in vitro and long-term in vivo im-
plants is unclear. (2) Although it has been shown that stress concen-
tration has negative effects on coatings, this issue is not entirely 
resolved. (3) The durability of stents still does not meet the re-
quirements, and the surface modification coating technology still needs 
to be improved. These works will be covered in a further study. 

5. Conclusions 

In summary, we developed a “built-up” composite film fabrication 
technique to improve the corrosion control effects of Mg alloy BRS. The 
degradation mechanism of MgF2-PA-PLGA-coated stents was deter-
mined by corrosion in vitro and stent implantation in vivo. The results 
showed that the MgF2-PA-PLGA coated stents still had mechanical 
integrity one month after implantation compared to bare ZM21 stents. 
The mass loss was 50.49 ± 10.6% at three months of implantation and 
almost complete at six months. The stress concentration induced during 
stent compression and expansion is the main factor leading to the early 
degradation of MgF2-PA-PLGA-coated stents. Although rapid degrada-
tion led to intimal hyperplasia three months after the MgF2-PA-PLGA- 
coated stent was implanted, the level of intimal hyperplasia was greatly 
reduced at 6 months after implantation, and no foreign matter remained 
in the tissue, suggesting full resorption of the ZM21 stent with its 
coating. Therefore, we believe that although rare earth-free Mg alloys 
have faster corrosion rates, they still have great potential in the field of 
BRS as long as their degradation rates can be reasonably controlled 
through coating modification. 
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Magnesium alloys for temporary implants in osteosynthesis: in vivo studies of their 
degradation and interaction with bone, Acta Biomater. 8 (3) (2012) 1230–1238. 

[67] C. Chen, J. Chen, W. Wu, Y. Shi, L. Jin, L. Petrini, L. Shen, G. Yuan, W. Ding, J. Ge, 
In vivo and in vitro evaluation of a biodegradable magnesium vascular stent 
designed by shape optimization strategy, Biomaterials 221 (2019), 119414. 

[68] J.E. Gray-Munro, C. Seguin, M. Strong, Influence of surface modification on the in 
vitro corrosion rate of magnesium alloy AZ31, journal of biomedical materials 

research Part A: an official journal of the society for biomaterials, The Japanese 
Society for Biomaterials, and The Australian Society for Biomaterials and the 
Korean Society for Biomaterials 91 (1) (2009) 221–230. 

[69] P.B. Srinivasan, C. Blawert, W. Dietzel, K. Kainer, Stress corrosion cracking 
behaviour of a surface-modified magnesium alloy, Scripta Mater. 59 (1) (2008) 
43–46. 

[70] A. Tan, A. Soutar, I. Annergren, Y. Liu, Multilayer sol–gel coatings for corrosion 
protection of magnesium, Surf. Coating. Technol. 198 (1–3) (2005) 478–482. 

[71] P.K. Bowen, J. Drelich, J. Goldman, A new in vitro–in vivo correlation for 
bioabsorbable magnesium stents from mechanical behavior, Mater. Sci. Eng. C 33 
(8) (2013) 5064–5070. 

[72] F. Witte, J. Fischer, J. Nellesen, H.-A. Crostack, V. Kaese, A. Pisch, F. Beckmann, 
H. Windhagen, In vitro and in vivo corrosion measurements of magnesium alloys, 
Biomaterials 27 (7) (2006) 1013–1018. 

[73] J. Wang, L. Liu, Y. Wu, M.F. Maitz, Z. Wang, Y. Koo, A. Zhao, J. Sankar, D. Kong, 
N. Huang, Ex vivo blood vessel bioreactor for analysis of the biodegradation of 
magnesium stent models with and without vessel wall integration, Acta Biomater. 
50 (2017) 546–555. 

[74] P.K. Bowen, A. Drelich, J. Drelich, J. Goldman, Rates of in vivo (arterial) and in 
vitro biocorrosion for pure magnesium, J. Biomed. Mater. Res. 103 (1) (2015) 
341–349. 

[75] H. Yang, C. Wang, C. Liu, H. Chen, Y. Wu, J. Han, Z. Jia, W. Lin, D. Zhang, W. Li, 
Evolution of the degradation mechanism of pure zinc stent in the one-year study of 
rabbit abdominal aorta model, Biomaterials 145 (2017) 92–105. 

[76] Y.-c. Hou, F. Witte, J. Li, S. Guan, The increased ratio of Mg2+/Ca2+ from 
degrading magnesium alloys directs macrophage fate for functionalized growth of 
endothelial cells, Smart Mater. Med. 3 (2022) 188–198. 

[77] Y. Yang, P. Gao, J. Wang, Q. Tu, L. Bai, K. Xiong, H. Qiu, X. Zhao, M.F. Maitz, 
H. Wang, Endothelium-mimicking multifunctional coating modified cardiovascular 
stents via a stepwise metal-catechol-(amine) surface engineering strategy, Research 
2020 (2020), 9203906. 

[78] J. Wang, Y. Xue, J. Liu, M. Hu, H. Zhang, K. Ren, Y. Wang, J. Ji, Hierarchical 
capillary coating to biofunctionlize drug-eluting stent for improving endothelium 
regeneration, Research 2020 (2020) 1458090. 
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