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A B S T R A C T

Polymeric coronary stents, like the ABSORB™, are commonly used to treat atherosclerosis due to their bio
resorbable and cell-compatible polymer structure. However, they face challenges such as high strut thickness, 
high elastic recoil, and lack of radiopacity. This study aims to address these limitations by modifying degradable 
stents produced by additive manufacturing with poly(lactic acid) (PLA) and poly(ε-caprolactone) (PCL) with 
degradable metallic coatings, specifically zinc (Zn) and magnesium (Mg), deposited via radiofrequency (rf) 
magnetron sputtering. The characterisation included the evaluation of the degradation of the coatings, anti
bacterial, anti-thrombogenicity, radiopacity, and mechanical properties.

The results showed that the metallic coatings inhibited bacterial growth, though Mg exhibited a high 
degradation rate. Thrombogenicity studies showed that Zn-coated stents had anticoagulant properties, while Mg- 
coated and controls were thrombogenic. Zn coatings significantly improved radiopacity, enhancing contrast by 
43 %. Mechanical testing revealed that metallic coatings reduced yield strength and, thus, diminished elastic 
recoil after stent expansion. Zn-coated stents improved cyclic compression resistance by 270 % for PCL stents, 
with PLA-based stents showing smaller improvements. The coatings also enhanced crush resistance, particularly 
for Zn-coated PCL stents.

Overall, Zn-coated polymers have emerged as the premier prototype due to their superior biological and 
mechanical performance, appropriate degradation during the stent life, and ability to provide the appropriate 
radiopacity to medical devices.

1. Introduction

To reduce mortality resulting from atherosclerosis, percutaneous 
coronary intervention (PCI) combined with coronary stents has become 
a cornerstone of cardiovascular treatment. Drug-eluting stents (DES) are 
widely regarded as the standard in the cardiovascular field. These stents 
typically feature a permanent metallic structure, often made of cobalt- 
chromium alloy (CoCr), and a degradable polymeric coating that re
leases pharmaceutical drugs to prevent adverse biological responses 
following stent placement [1]. However, the permanent metallic struc
ture can still elicit biological reactions once the polymeric coating de
grades, potentially leading to artery re-blockage due to in-stent 
biological events and subsequent heart failure [2,3]. In response to these 
challenges, polymeric bioresorbable stents (BRS) have been developed. 

They offer improved cellular compatibility and fewer adverse biological 
reactions than their metallic counterparts. Nevertheless, achieving me
chanical properties comparable to DES requires thicker stents, which, in 
turn, can provoke adverse host responses [2,3]. Recent developments in 
stent design aim to tackle challenges by reducing the thickness of bio
resorbable stents without compromising their mechanical integrity. 
Research indicates that adjusting design parameters can enhance me
chanical support while minimising thickness and elastic recoil ratio [2,4,
5].

Another significant limitation of polymeric BRS is the lack of radi
opacity [6,7]. Coronary stents must exhibit adequate radiopacity to 
ensure device visibility through imaging techniques during surgical 
procedures for precise stent deployment and positioning into the artery 
[5,8]. To address this problem, several authors propose incorporating 
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radiopaque markers or coatings made from materials such as gold (Au), 
tantalum (Ta), or platinum (Pt) into the base structure of the stent [6,7,
9]. Regardless, the markers may leach from the device during degra
dation and, since they are non-degradable, might lead to blockages in 
arteries or deposition in other organs, increasing the risk of fatality [6]. 
Therefore, developing alternative solutions that improve both safety and 
efficacy is compulsory. Emphasizing the bulk and surface properties is 
crucial to achieving optimal performance in coronary stents [10,11].

A promising approach that can solve some of the mentioned limita
tions involves polymeric BRS surface modification that simultaneously 
mitigates adverse biological responses [10,12]. This modification can be 
achieved through physical routes, like introducing surface micro- and 
nano-features, or chemical changes, such as coating with organic or 
inorganic materials [13].

Inorganic coatings, including metallic materials, are being explored 
as potential solutions to enhance the performance of medical devices in 
biological environments [14]. Research suggests that metallic coatings 
can significantly improve hydrophilicity, endothelial cell adhesion, 
proliferation, and antibacterial and anti-thrombogenic properties [14,
15]. Various ceramic coatings, such as iridium oxide, titanium oxide, 
and carbon-based coatings, have been recommended to enhance cellular 
compatibility [16]. Additionally, metallic materials such as titanium 
(Ti) alloys, CoCr alloys, aluminium (Al) alloys, silver (Ag), or Au have 
shown potential as coatings for medical devices [12,16,17]. Conversely, 
these coatings were primarily used on permanent metallic stents, which 
do not degrade over time. Therefore, new materials are needed to coat 
bioresorbable stents. One possible solution is to use a metallic degrad
able coating such as iron (Fe), Mg, or Zn. These metallic materials and 
their alloys have emerged as promising bioresorbable materials, with 
numerous studies highlighting their suitable mechanical properties, 
cellular compatibility, and degradation profiles [1,18,19]. The degra
dation products of Mg or Zn play essential roles in various cellular ac
tivities, making them attractive candidates for improving the cellular 
compatibility and mechanical properties of bioresorbable stents 
[20–23]. For instance, Pan et al. [19] indicated in their study that Zn is a 
beneficial element that plays a crucial role in regulating the physio
logical microenvironment in vivo, boosting cellular compatibility. 
Additionally, Heakal and colleagues [24] referred to Mg as vital for 
metabolic processes as it is a co-factor in many enzymes and is a crucial 
component of the ribosomal machinery that translates genetic infor
mation into polypeptides. These characteristics make Zn and Mg mate
rials potentially valuable for cardiovascular devices. Comparing Mg and 
Zn with Fe, the first two are more appropriate since research indicates 
that Fe and its alloys exhibit relatively slow degradation, producing 
insoluble degradation products that remain in physiological environ
ments [25]. Furthermore, an excess of free iron in the bloodstream can 
lead to several pathological consequences for the organism, one of 
which is the formation of methemoglobin, a biomarker that can trigger 
oxidative processes in the blood [26]. Iron-mediated toxicity is primarily 
associated with Fe(II), which can react with oxygen to produce free 
radicals that damage macromolecules and result in cell death [27].

Sputtering technologies offer a powerful method for creating custom 
surfaces with optimised properties for specific applications, surpassing 
traditional chemistry boundaries [28,29]. The versatility and effective
ness of sputtering in producing high-quality coatings make it particu
larly advantageous for coronary stents. To date, and according to the 
literature survey, only a study by Xiao and colleagues [30] has explored 
using rf magnetron sputtering to deposit a nano-thick Au film onto a 
polymeric coronary stent. Although this coating improved the me
chanical properties, the limited dissolution of gold in the human body 
poses risks such as arterial blockages and organ deposition, potentially 
leading to fatal outcomes [6]. Therefore, future research should focus on 
utilising the metallisation of polymers to enhance the performance of 
polymeric BRS and to explore alternative methods for creating fully 
degradable stents. Consequently, degradable metallic coatings, 
composed of Mg and Zn, present a promising path compared to the 

current non-degradable metallic coatings and radiomarkers, owing to 
their advantageous in vivo degradability, possible radiopacity and dis
tinguishing them from conventional coatings [9,30,31].

This research aimed to show that the properties and characteristics of 
polymeric coronary stents, including the interface with biological fluid, 
can be improved by applying a coating of biodegradable metallic ma
terials, specifically pure magnesium and zinc (Mg and Zn). Conse
quently, previously designed polymeric stents —PLA and PCL [2] – were 
produced through fused filament fabrication (FFF) additive 
manufacturing technology and then modified with a functional metallic 
coating (Mg and Zn). The study also delves into the biological charac
teristics, radiopacity, and mechanical performances of the coated stents. 
These coatings are anticipated to leverage the benefits of degradable 
polymeric and metallic materials, representing an innovative approach 
to cardiovascular intervention due to the possible creation of a fully 
degradable stent.

2. Experimental section

2.1. Materials

The PLA pellets (3D870) were purchased from Smartfill®, Spain, 
while the PCL filament was acquired from 3D4Makers®, the 
Netherlands, with an average diameter of 1.75 mm. The magnesium 
(99.999 %) and zinc (99.999 %) were purchased from Codex Interna
tional with a diameter and thickness of 100 mm and 3 mm, respectively. 
The pure monocrystalline silicon waffles (100) were acquired in Siegert 
Waffer, Germany. The sputtering gas, Ar 99.9999 % purity, was ac
quired from Trinac, Portugal.

2.2. Additive manufacturing technology

FFF technology was used to print the coronary stents, and the design 
was developed according to previous studies [2]. The test specimens and 
stents were printed using Robo R2 equipment with a closed chamber [3]. 
All printing parameters were selected based on previously published 
works [2,3] to ensure that the printing parameters allow the best set of 
properties for coronary stents. The prototypes were printed according to 

Fig. 1. Schematic representation of the building orientation of 3D-printed 
coronary stents (supports are not visible).
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the schematic representation displayed in Fig. 1 with supports that were 
removed after the specimen was printed. The main printing parameters 
used for this work are displayed in Table 1.

2.3. Sputtering technology

The Mg and Zn coatings were deposited by rf magnetron sputtering 
in an Edwards 360 equipment. Two rf power supplies of 600 and 500 W 
were connected to the magnetron target and cooled substrate holder, 
respectively. The metallic targets (100 mm diameter, 3 mm thickness, 
and 99.99 % purity) were acquired from Goodfellow and used in a non- 
reactive Ar 99.9999 % purity atmosphere. Monocrystalline silicon (10 x 
10 × 0.5 mm) and polymeric printed stents and samples were used as 
substrates. The silicon substrates were previously ultrasonically cleaned 
with ketone, alcohol, and Milli-Q water for 10 min in each liquid. The 
polymeric substrates were cleaned in isopropanol and Milli-Q water in 
an ultrasound bath for 10 min in each liquid. The ultimate base pressure 
of the vacuum chamber was 1x10− 4 Pa. Before the deposition, the 
samples and the targets were cleaned for 5 min at 150 W, with a working 
pressure of 0.5 Pa, and a shutter was placed between them to avoid 
cross-contamination. The deposition parameters used to produce the Mg 
and Zn coatings are presented in Table 2.

2.4. In vitro evaluation

2.4.1. Immersion tests
The degradation profile was evaluated by immersion in a modified 

Simulated Blood Plasma (SBP) solution that mimics the inorganic con
tent of human blood plasma (HBP) (Table 3) [32]. The tests were con
ducted at 37 ◦C and 100 rpm for 15 days in a Benchmark thermoshaker. 
At regular intervals, the solutions from the duplicates were renewed, 
and the samples and the liquid were analysed. Additionally, the results 
were compared with those obtained by replicating the entire experience 
but using Milli-Q water as immersion fluid to observe if the ionic inor
ganic composition and concentration influenced the degradation rate. 
The coatings were evaluated on a monocrystalline silicon substrate since 
it is a standard and common procedure to analyse the properties and 
characteristics of the coatings without the interference of several vari
able substrate characteristics (such as roughness) before depositing 
them onto polymers. The aim was to evaluate the degradation profile of 
the coating itself [33–35].

Scanning electron microscopy (SEM) observation coupled with en
ergy dispersive spectroscopy (EDS) was performed to characterise the 
morphology of the surface of the films and to analyse the elemental 
composition after the degradation in SBP and Milli-Q. Chemical analysis 
of the surfaces was also performed using microRaman spectroscopy. The 
spectra were collected in a Renishaw in Via Reflex Microscope (UK) 
coupled to a Leica microscope (DM2700 M) at room temperature, in a 
100-2000 cm− 1 spectral range, with a 532 nm laser, and a spectral 
resolution was 2 cm− 1 using an ×50 objective lens. The exposure time 
was 20 s, and the laser intensity was kept at 10 % of the maximum power 
(50 mW) to avoid surface degradation. The software from Renishaw’s 
WiRE™ was used to acquire the spectra and analyse all samples.

Additionally, pH measurements were done at the indicated times of 
refreshing the solution. Aliquots of solution were collected at different 
times to quantify the concentration of Mg2+ and Zn2+ through Flame 
Atomic Absorption Spectroscopy (AAS) using an Analytik Jena – Con
trAA 300 Instrument. It is worth noting that the modified SBP solution 
was made without Mg to facilitate the AAS analysis.

2.4.2. Antibacterials tests
The antibacterial tests were conducted using polymeric specimens 

printed with the dimensions recommended by previous studies as the 
ideal to understand the material response: 10 x 10 × 2 mm3 [36,37]. 
Some of the printed specimens were coated with Mg and Zn, according 
to what was described in section 2.3. The coated and control polymeric 
materials underwent a 30-min sterilisation process using UV-C (254 nm) 
(Fig. 2A). Three clinically relevant reference strains, Staphylococcus 
aureus ATCC25923 (S. aureus), Pseudomonas aeruginosa DSM1117 (P. 
aeruginosa) and Escherichia coli ATCC25922 (E. coli), were assessed [38]. 
The bacterial strains were resuspended in phosphate-buffered saline 
(PBS) solution to achieve an optical density of approximately 0.2 (108 

cells⋅mL− 1). A volume of 80 μL was then applied to the surfaces to 
evaluate cell survival upon surface contact (A = 100 mm2) with the 
uncoated and coated polymers and incubated at 37 ◦C for 24 h. The 
specimens were then washed with sterile PBS (10 mL), and the adherent 
bacteria on the scaffolds were removed by ultrasonication for 3 min. The 
solution collected post-ultrasonication underwent a serial dilution pro
cess in PBS. From 10− 1, 10− 2 and 10− 3 bacterial dilutions, 0.1 mL of 
suspensions were plated on tryptone soy agar (TSA) medium and 
allowed to incubate at 37 ◦C for 24 h to determine the number of 
colony-forming units (CFU) (Fig. 2B). The antibacterial efficiency (AE 
%) was determined for the same dilution using Equation (1), with B and 
A denoting the total number of bacterial colonies in the uncoated sam
ples (control) and coated samples, respectively [39] (see Fig. 3). 

AE(%)=
B − A

B
× 100 Equation 1 

2.4.3. Blood clotting assays
The in vitro blood clotting experiments were conducted based on 

previously reported methods with some adjustments [40,41]. The un
coated and coated polymers were first printed as cubes (10 x 10 × 2 
mm3) with a face area of 100 mm2 and were coated with Mg and Zn, 
according to what was described in section 2.3. Then, the samples were 
arranged in multi-well plates. Subsequently, 100 μL of blood treated 
with sodium citrate (ACD) was carefully applied to the surface of each 
sample, followed by the addition of 10 μL of [CaCl2] = 0.1 M to initiate 
the blood clotting process. The samples were then left to incubate at 
37 ◦C for 60 min; after, 2 mL of Milli-Q water was gently added to the 
surfaces to halt the coagulation process while preserving the formed 
clots. At least three samples of each condition were tested. After 10 min 
of incubation at 37 ◦C, the haemoglobin (Hb) was released from hae
molysed red blood cells, not integrated into the formed clots, and the 
absorbance of the solution was measured at 540 nm (Abssample) using a 
UV–vis spectrophotometer. The absorbance of 100 μL ACD-treated 
blood diluted in 2 mL of Milli-Q water served as a positive control 
(Abspositivecontrol), while Milli-Q water was used as the negative control. 
Finally, the blood clotting index (BCI) of the samples was calculated 
according to Equation (2) [40]. 

BCI(%)=
Abssample

Abspositive control
× 100 Equation 2 

The blood clot formed was collected, and its mass was measured. The 
percentage of thrombogenicity (%) was calculated using Equation (3)
[40]. 

Thrombogenicity (%)=
Msample − Mnegative control

Mpositive control − Mnegative control
× 100 Equation 3 

Table 1 
Printing parameters for the polymeric stents.

Material Tprinting (◦C) Tbed (◦C) Vprinting (mm•s− 1) Layer Height (mm) Shell Infill Density (%) Infill Pattern

PLA 200 60 60 0.1 1 100 Lines
PCL 130 30 10 0.1 1 100 Lines
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Images of the clot in each surface and the surface after blood contact 
were captured using a 3D digital microscope, Hirox HR-5000, and the 
Hirox RX-100 software. The human whole blood used in the study was 
obtained from healthy volunteers who had not taken any medications. 
They provided full informed consent according to the declaration of 
Helsinki [42]. The blood was collected through venipuncture using 
sterilised S-Monovette® Citrate 9NC 0.106 mol L− 1 3.2 % tubes (SAR
STEDT AG & Co. KG, Nümbrecht, Germany) containing buffered sodium 
citrate (0.106 M). The first tube of blood collected was discarded.

2.5. Radiopacity evaluation

Assessing the radiopacity of medical devices is a critical step in their 
development to ensure visibility during procedures. Radiopacity refers 

to the ability of the material to block radiation, making an object visible 
in medical images. This visibility is essential for tracking invasive de
vices during medical procedures and identifying any remaining parts. 
According to ASTM F640-20 (“Standard Test Methods for Determining 
Radiopacity for Medical Use”), the radiopacity of a medical device can 
be determined through various techniques, such as computed tomog
raphy (CT) scans. Radiopacity can be evaluated qualitatively by 
comparing images of a test specimen with a user-defined standard or 
quantitatively by determining the specific difference in optical density 
or pixel intensity between the test specimen and the standard [43].

This research used μ-CT to study the radiopacity of stents, with un
coated samples as the standard, given their proven radiolucency [8]. All 
samples were scanned using the μ-XCT Skyscan 1172 microtomograph 
(Bruker Instruments, Inc., Billerica, MA, USA) by rotating the sample 
over 180◦ with a variable rotation step of 0.20–0.30◦ depending on the 
selected resolution, according to the sample size. The acquisition con
ditions were optimised to achieve the best image contrast. The acquired 
data was then processed and analysed using NRecon®1.6.3 routine, 
volumetric visualisation was achieved with DataView® and CTvox® 
programs by Bruker, and the pixel intensity was determined using Image 
J. This acquisition and processing method was previously developed by 
Pereira et al. [44–46] and Table 4 lists some of the parameters used 
during the scanning procedure.

2.6. Mechanical characterisation

2.6.1. Tensile test
The stents for tensile tests were produced according to the specifi

cations of a previous study [2]. Fig. 4 depicts a scheme of the printed 

Table 2 
Optimised deposition parameters for the metallic coatings.

Material Power density (W•mm− 2) Deposition pressure (Pa) Deposition time (min) Thickness of the Coating (μm)

Mg (99.999 %) 2 x 10− 2 0.7 30 0.7
Zn (99.999 %) 0.4 30 2.1

Table 3 
Chemical composition of the simulated blood plasma (SBP) solution (Adapted 
from Ref. [32]).

Ion Concentration (mM)

HBP SBP

Na+ 142 143
K+ 5.0 5.0
Mg+ 1.5 –
Ca2+ 2.5 2.5
Cl− 103 123
HCO−

3 27 27
HPO2−

4 1.0 1.0
SO2−

4 0.5 0.5

Fig. 2. Schematic representation of the quantitative analysis of antibacterial activity: A) UV-C sterilisation; B) representation of the steps of serial dilution and 
plating to analyse cell number by colony forming unit (CFU).
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specimens used for the tensile tests. The scheme shows a scale seven 
times larger than the original design (Fig. 4A), and the macrographs in 
Fig. 4B illustrate how the specimens were positioned in the equipment.

The tensile tests were performed utilising an INSTRON® 68TM-5 
universal tensile testing machine with a 5 kN load cell. The tests were 
executed at a rate of 0.025 mm⋅min− 1 under ambient conditions. Inte
grating a dual measurement multimeter model GDM-8351 from GwIn
stek in 4 W configuration into the tensile machine allowed for the 
measurement of the electrical resistance of the samples during the ten
sile testing (Fig. 5). A minimum of three samples of each polymeric 
material, uncoated and coated with Mg and Zn, were tested. The ac
quired data was filtered in Matlab_R2022b using a second-order 
Savitzky-Golay filter. Subsequently, the acquired results were analysed 
using the OriginPro® 2018 software. Fig. 5 illustrates a schematic dia
gram for measuring the electrical resistance of the coated polymers.

2.6.2. Compressive test
The stents used for the cyclic compressive test were produced with 

the specifications of a previous study [2]. The devices, four times larger 
than the original design, both coated and uncoated, were arranged 
horizontally on the testing platform and subjected to repeated 
compression and expansion cycles to mimic arterial vasomotion. Each 
cycle consisted of compressing the stent to 25 % of its original diameter 
and then allowing its expansion back to its original size, repeated five 
times. After each cycle, the stent was held in the compressed or 
expanded state for 10 s to ensure complete compression and expansion. 
The changes in the hysteresis loop area and the elasticity after five cycles 
were compared transversely to all samples, and the results were evalu
ated according to previous studies [31].

Subsequently, in another experimental characterisation, the stent 
was further compressed until it reached 50 % of its diameter, at which 
point the stent was crushed, as described in various studies and ac
cording to the standard ISO 25539-2 ("Cardiovascular implants — 
Endovascular devices – Part 2: Vascular Stents") [31,47,48]. During the 
compression test, the compressive force was applied in the radial di
rection of the stent, which was perpendicular to its axis. The compres
sive force was normalised by dividing the force by the stent length to 
simplify comparisons between coated and uncoated stents. The nor
malised force of the stent material (per unit length) FCN (N⋅mm− 1) was 
calculated as a function of displacement (mm). Fig. 6 displays a sche
matic representation to illustrate how the specimens were positioned in 
the equipment and how the tests were performed (cyclic compression 
and crush resistance).

The cyclic test and crush resistance were performed utilising a Shi
madzu Autograph AGS-X, outfitted with a 5 kN load cell. The tests were 
executed at a strain rate of 0.5 mm⋅min− 1 under ambient conditions. At 
least five specimens of each condition were tested.

Fig. 3. Schematic representation of the blood clotting assays.

Table 4 
Summary of the parameters used in the scanning procedure.

Parameters

Pixel size 2.5–3.8 μm
Filament Current 113–131 μA
Voltage 70–85 kV
Power 10 W
Exposure time 1900–2100 ms
Number of Images 737–1105
File Type 16-bit
Scan Duration 2h30-3h00

Fig. 4. Schematic representation of the tensile specimens (a) and macrographs of the equipment (b).

Fig. 5. Cross-section schematic diagram for measuring the electrical resistance 
of the coated polymers.
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2.7. Statistical analysis

Statistical analyses were performed for the assays, and the results 
were presented as mean ± standard deviations. Statistical differences 
were analysed using a one-way Analysis of Variance (ANOVA) with a 
Turkey post-hoc test, performed using GraphPad Prism® version 5 
software (GraphPad Software Inc., La Jolla, CA, USA). Differences were 
considered statistically significant at p < 0.05. The statistical signifi
cance was indicated using the symbol (*). Significance results are also 
indicated according to p values with one, two, three, or four of the 
symbols (*) corresponding to 0.01<p < 0.05, 0.001<p < 0.01, 
0.0001<p < 0.001 e p < 0.0001.

3. Results and discussion

3.1. Characterisation post-degradation

Biodegradable stents and their coatings are surrounded by blood and 

tissue fluid, which contains various inorganic species, for instance, Cl-, 
HPO42- or HCO3-. As the coatings are intended to degrade over time, it 
is crucial to assess the rate of degradation influenced by these com
pounds and to identify the main corrosion products resulting from the 
ionic exchanges occurring on the surface of the coatings, as already done 
in several published articles [24,49–51]. The study examined the 
behaviour of the two metallic coatings (Mg and Zn) in an aqueous 
media. Milli-Q water was utilised as a control, and SBP was used to 
replicate the inorganic components of blood and their effects on coating 
degradation.

SEM/EDS (Fig. 7, Figs. 8 and 9), Raman spectroscopy (Fig. 10), pH 
measurements (Fig. 11), and AAS (Fig. 12) were carried out on the 
surfaces and media at various time intervals to analyse the degradation 
behaviour of the different surfaces. The EDS analysis lacks stand
ardisation, but the study was conducted on multiple samples under the 
same observation parameters, allowing for comparison of results to 
identify trends and evaluate relative semi-quantitative chemical 
composition besides qualitative spectra for identifying elements [52].

Fig. 6. Schematic representation of cyclic compression test and crush resistance test.

Fig. 7. Surface micrographs of Mg and Zn coatings through the degradation process in SBP (Secondary electrons – SE).
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In this study, only the degradation profile of the metallic films was 
examined because PLA and PCL are commonly used as biodegradable 
polymers in coronary stents, with well-established and studied degra
dation times ranging from 18 to 30 months for PLA and 24–36 months 

for PCL [3,53].

3.1.1. Mg coatings
Magnesium is widely used in the medical field because it is essential 

for metabolic processes in the human body. In the present study, we 
investigated the potential use of magnesium coatings to enhance the 
properties of coronary stents. We found that the Mg surfaces immersed 
in SBP exhibited a significantly higher degradation rate than those tested 
in Milli-Q (Fig. 9 and Figure S1 – Supplementary Information). This 
indicates that the inorganic components in SBP have a notable impact on 
the morphology of films, promoting film degradation. The EDS analysis 
revealed that the atomic percentage (at.%) of magnesium was much 
lower on the surfaces tested in SBP compared to those in Milli-Q water. 
SEM/EDS results also confirmed that the films were nearly degraded 
after 48 h in SBP.

Moreover, the Raman spectra of the surface of the coatings sub
merged in SBP reveal that the quantity of ionic magnesium must be too 
low as the signal of magnesium-containing molecules is undetected. On 
the other hand, a high peak related to the silicon substrate (521 cm− 1) 
was detected, revealing that almost all of the film was degraded after 48 
h of immersion [54]. Regarding the remaining film on the substrate, the 
peak at around 970 cm− 1 is related to the Ca− P derivates. Another weak 

Fig. 8. EDS spectra for Zn surfaces after 48h, 96h and 15 days immersion in SBP and Milli-Q.

Fig. 9. EDS spectra for Mg coatings after an immersion of 48h in Milli-Q 
and SBP.

Fig. 10. Raman spectra of Mg and Zn coatings after the immersion test in SBP for 96h at 37 ◦C.
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peak (~300 cm− 1) appears after 48 h, corresponding to the CaO 
stretching vibration [55,56]. When analysing the films that were sub
merged in Milli− Q water (Figure S2 – Supplementary Information), the 
Raman spectra show the typical peaks of the presence of magnesium 
oxide (MgO) and brucite (Mg(OH)2) as predicted by the Pourbaix dia
gram [57]. Additionally, it shows the surface phonon vibrations of 
magnesium, its oxides, and hydroxides [55,58].

The investigation of the degradation deposits reveals that, after 48 h 
of immersion in SBP, the Mg surfaces displayed a mixture of sandy, 
sharp, flat, and cracked surfaces as precipitates (Fig. 7). Shafyra and 
colleagues [59] noted in their study the presence of quite similar pre
cipitates resulting from the degradation of Mg-based materials. They 
found that the sandy structures were likely to correspond to 
Ca− P− derived compounds, while the flat and cracked surfaces were 
linked to the presence of Mg(OH)2. Despite the lack of Raman spectra 
peaks to support the presence of Mg(OH)2 (perhaps due to their low 
concentration) the SEM/EDS analysis confirmed the presence of Mg and 
O chemical elements, which might be related to the formation of brucite 
(Fig. 9) [59]. However, the exact quantification of Mg(OH)2 due to the 
degradation process must be confirmed using other characterization 
techniques such as X-ray Photon Spectroscopy (XPS). Nonetheless, it was 
not a priority to precisely identify the precipitates as the existing liter
ature clearly states that the degradation products of Mg are 

cytocompatible, as previously mentioned. Furthermore, it inferred that 
the dehydration of the precipitates during the sample preparation pro
cess, which involved a drying stage, led to the formation of cracks [59]. 
The presence of Ca− P compounds was also confirmed by the EDS 
semi-quantitative analysis through the identification of Ca (4 at.%) and 
P (6 at.%) (Fig. 9), indicating a rich-phosphate layer, as the atomic 
percentage of phosphate is higher than that of calcium [60]. After 96 h, 
only a small amount of magnesium and SBP derivatives remained on the 
surface.

As previously mentioned, the SBP solution was refreshed every two 
days to ensure a stable ion concentration in the corrosion medium. After 
removing the samples from the solution, the ion concentration was 
quantified (Fig. 11), and the pH was measured (Fig. 12). Analysis of the 
SBP media revealed a higher concentration of Mg2+ in the media where 
the Mg surfaces were placed after 48 h of immersion, indicating a more 
significant release of Mg from these samples. After 96 h, the remaining 
film was removed from the Si substrate. Despite the presence of Mg in 
the samples, its detection was not possible in the Raman spectra due to 
the small quantity. The pH values were correlated with the release of 
Mg2+, with higher concentrations of this ion in the immersion fluid 
resulting in higher pH values.

When magnesium comes into contact with physiological fluids, it 
initially degrades faster due to its interaction with electrolytes. This 
degradation process involves the release of hydrogen ions, which sub
sequently leads to an increase in the pH of the surrounding medium, as 
dictated by the chemical reactions involved [32,60]: 

Mg → Mg2+ + 2 e− (anodic reaction)                                                  

Mg2+ + 2 OH− → Mg (OH)2 (net degradation product)                        

After exposing magnesium coatings to SBP, a degradation layer rich 
in Mg(OH)2 was observed within a few hours. It is important to note that 
the formation of a hydroxide layer typically accompanies initial degra
dation and results in a temporary increase in pH. The resulting hy
droxide layer is thermodynamically stable at pH values higher than 8.3, 
which reduces the degradation rate over time as the layer attains sta
bility [32,60]. The recorded pH changes during the immersion tests 
support this hypothesis. However, a higher degree of degradation was 
observed when the solution was changed due to the osmolarity and 
lower pH value (7.4) of the fresh media. The continued degradation was 
caused by the formation of water-soluble MgCl2 due to Cl− ions, leading 
to a higher degradation rate [32,60]. SEM micrographs confirmed that 
after 96 h, the film was entirely degraded and dissolved (Fig. 7).

It is essential to remember that SBP, widely used in research due to 
its low contamination risk, has a higher content of chloride (Cl− ) ions 
(123 mM) than other body fluids, such as HBP (103 mM), which might 
hasten the degradation process [59]. Research from Heakal et al. [24] 
confirmed this theory by explaining that the thin layer formed during 
the initial phase of degradation, also known as quasi-passive, is not 
impervious to degradation. The resistance of the layer diminishes over 
time due to the aggressive attack of ions such as Cl− or SO4

2− [24,59]. 
These ions dissolve the passive layer, thereby reducing its protective 
properties.

Despite the potential of Mg as a bioactive coating for coronary stents, 
the outcomes demonstrated that the degradation rate of Mg during the in 
vitro tests was excessively rapid, which could impact the visualisation of 
the device during the healing process.

3.1.2. Zn coatings
Zinc-based materials are well-suited for medical applications due to 

their cellular compatibility and degradation behaviour. This study ex
plores the potential of zinc as a coating to improve the characteristics 
and properties of polymeric coronary stents. This section scrutinised the 
degradation profile of the surface of the Zn coatings.

Upon immersion in the SBP medium, the Zn surfaces exhibited 
higher degradation rates than those immersed in Milli-Q water despite 

Fig. 11. Mg2+ and Zn2+ concentration in the immersion fluid during the 
degradation of the coatings in SBP at 37 ◦C.

Fig. 12. pH values of the SBP solution during the degradation of the magne
sium and zinc coatings at 37 ◦C (15 days–360h).
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presenting a lower rate than the Mg coatings. Analysis using SEM mi
crographs (Fig. 7 and Figure S1 – Supplementary Information) and EDS 
spectra (Fig. 8) allowed for a comparison of the zinc content of the 
samples after 48 h of immersion in Milli-Q water and SBP. The results 
indicated that the zinc concentration in Milli-Q water was 39 % higher 
than that in SBP.

The Raman spectra (Fig. 10) also indicate some precipitates formed 
from degradation on the surface after 48 h of immersion in SBP, contrary 
to what happens in the surfaces immersed in Milli-Q water, helping 
explain the degradation behaviour. The presence of carbonates (~1080 
cm− 1) and zincite (ZnO) (~430 cm− 1) indicates that the film is reacting 
with the SBP media [61]. Additionally, strong bands can be observed at 
around 563 cm− 1 and 110 cm− 1, which are attributed to the surface 
optical phonon vibrations of ZnO. These bands have been detected in 
previous studies [55,62,63]. After prolonged immersion in SBP, addi
tional precipitates form on the coating surfaces. These formations are 
identified by small peaks at approximately 981–1080 cm− 1, 387 cm− 1, 
and 732 cm− 1, which correspond to the emergence of skorpionite 
[Ca3Zn2(PO4)2CO3(OH)2], simonkolleite [(Zn5Cl2)(OH)8], and hydro
zincite [Zn5(CO3)2(OH)6], respectively [64–67]. The SEM micrographs 
(Fig. 7) further confirm this observation, showing the absence of calcium 
and phosphate-derived degradation products after 48 h of immersion in 
SBP, which only appear after 96 h. Small peaks corresponding to pre
cipitates with chloride and carbonates were also detected on the surface 
[61]. The micrographs of the degraded zinc surfaces also indicated the 
appearance of the aforementioned degradation products during the 
immersion period, consistent with findings from various research 
studies [64–67].

Regarding the Raman spectra of the surfaces that were submerged in 
Milli-Q water (Figure S2 – Supplementary Information), it was 
concluded that zinc oxide is the principal product that results from the 
reaction between Zn and water, which is in agreement with the Pourbaix 
Diagram [68]. Moreover, the EDS and SEM micrographs (Fig. 8 and 
Figure S1 – Supplementary Information) corroborate this evidence, 
illustrating the presence of Zn and O and a morphology typical wet 
oxidised zinc [59,69].

In order to maintain a stable ion concentration in the degradation 
medium, the SBP solution was refreshed at a bi-daily interval. Subse
quently, the ion concentration (Fig. 11) and pH (Fig. 12) of the media 
were analysed. The pH measurements revealed an increase in the pH 
values of the Zn surfaces, attributed to the higher release of zinc ions. 
Following a 15-day immersion period, the zinc content in the samples 
immersed in SBP was determined to be 35 at.%. However, the release of 
zinc ions was significantly lower, a phenomenon ascribed to the chem
ical reaction of zinc with the inorganic components of SBP on the sur
faces. This observation suggests a series of chemical reactions occurring 
during the degradation process. Therefore, based on the aforementioned 
results, the degradation mechanism of pure Zn in the SBP is associated 
with specific chemical reactions [64,70]: 

Zn → Zn2+ + 2 e− (anodic reaction)                                                    

H2O + 2e → 2 OH− + H2 (cathodic reaction)                                       

Zn2+ + 2 OH− → Zn(OH)2                                                                  

Zn(OH)2→ ZnO + H2O                                                                        

During immersion, zinc ions produced from the anodic reaction 
undergo chemical reactions with other ions in the solution. After a 
specific immersion period, Zn(OH)2 thickens and matures, forming a 
precipitate on the surface. Additionally, the generation of zinc oxide 
catalyses the nucleation of carbonate and phosphate compounds, grad
ually forming a protective layer [67,70]. However, the presence of Cl−

ions poses a challenge to the growth of this protective layer. The Cl− ions 
attack the protective layer, partially dissolving the degradation product 
[67,70].

The results also demonstrated that the degradation rates of zinc films 
are significantly lower than those of magnesium coatings, especially 
when comparing the surfaces immersed in SBP. After 48 h of immersion 
in physiological media, the zinc surfaces showed a higher metal content 
than the Mg ones. The zinc film remained intact compared to magne
sium as time progressed, with the Zn content around 37 at.% after 96 h. 
Even after 15 days of immersion, the zinc content was 35 at.%. In 
contrast, the samples coated with magnesium showed no traces of 
magnesium. When immersed in MilliQ water, Zn surfaces demonstrated 
even higher concentration values than the Mg coatings subjected to the 
same conditions.

Several studies have indicated that the standard potential (E0) is a 
key indicator of the chemical reactivity of magnesium and zinc and, 
consequently, their degradation behaviour [71,72]. According to the 
literature, a negative potential signifies an active potential, and the 
lower the value, the more susceptible the metal is to corrosion. The E0 of 
magnesium is − 2.37 V. At the same time, for zinc, it is approximately 
− 0.44 V, indicating that pure magnesium is more reactive than zinc and 
undergoes oxidation more rapidly in aqueous media [73–75]. Another 
significant consideration is the presence of complexing agents that 
displace water molecules in the hydration of dissolved ion metals (Mg2+

and Zn2+). These ligands alter the stoichiometry of the metal dissolution 
reaction, typically resulting in a lower standard potential. For instance, 
the ion Cl− acts as a complexing agent. The equilibrium constant of a 
complex formation between a metallic ion and the dissolved complexing 
agent can be determined using Nernst equations [73].

Multiple studies have indicated that Mg and Zn are suitable materials 
for coronary stents [23,76,77]. The objective of the study was to use 
these materials as coatings to improve bioresorbable polymeric-based 
stents. Both coatings were observed to degrade in a blood-like liquid, 
making them suitable for biodegradable stents. However, the Mg coat
ings degrade too quickly. Thus, zinc outperforms Mg as it is more 
resistant to degradation over time. The degradation rate of Zn films will 
facilitate the release of zinc during the healing process after the im
plantation of a coronary stent, enabling proper therapeutic treatment of 
the arteries and visualisation of the medical device [20]. As the second 
most abundant trace metal in the human body, zinc can be found in all 
organs, tissues, fluids, and secretions. Unlike other metals, such as iron, 
zinc exists as Zn2+ in a free form that does not trigger redox reactions in 
physiological conditions, making it a relatively non-toxic substance 
[78]. Based on these properties, it can be inferred that a zinc coating 
deposited at 0.4 Pa is a promising candidate for functionalising a poly
meric BRS.

3.2. Antibacterial tests

In medical settings, patients undergoing treatment are vulnerable to 
acquiring nosocomial infections unrelated to their medical conditions. 
One emerging concern is implant-associated bacterial infections, which 
have imposed significant economic burdens on medical resources and 
inflicted additional suffering on patients. Bacteria can tightly adhere to 
biomaterial surfaces, forming a protective biofilm, making it difficult to 
treat infections and leading to implantation failures. The overuse of 
antibiotics has contributed to an increase in antibiotic-resistant bacteria, 
underscoring the urgent need for materials with strong antibacterial 
properties [37]. Although infectious complications following percuta
neous cardiac interventions are uncommon, coronary stent implantation 
can lead to rare complications such as stent infection. It is essential to be 
mindful of these possibilities and take preventive measures [79]. If 
complications do arise, they necessitate special investigations for diag
nosis and management. While most reported cases have had unfav
ourable outcomes requiring surgical treatment, interventional 
cardiologists should be prepared to address these potential complica
tions [80]. Coronary stent infection is associated with an in-hospital 
mortality rate of up to 30.3 %. S. aureus is the most common organism 
during the first days of implantation in 65 % of cases, of which 21.9 % 
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are methicillin-resistant. Thus, coronary stent infections represent a 
highly fatal yet potentially preventable problem of PCI [38].

One strategy to avoid bacterial adhesion and proliferation involves 
modifying surfaces. In this context, coatings containing magnesium and 
zinc have been identified as effective in inhibiting bacterial growth and 
fungal activity [79]. The antibacterial properties of these coatings were 
tested against three common types of bacteria found in medical facilities 
and in patients who have undergone coronary stent procedures: 
S. aureus, P. aeruginosa, and E. coli [38]. Fig. 13 shows the bacterial 
viability results for cells exposed to Mg and Zn coatings, compared to the 
uncoating control, and Table 5 presents the antibacterial efficiency.

PLA and PCL, members of the aliphatic polyester family, are 
commonly used as biodegradable polymers in the structure of coronary 
stents. Despite demonstrating reasonable mechanical properties [2], the 
literature indicates these polymers lack antibacterial properties [81,82]. 
As of the writing of this manuscript, no studies have been found utilising 
pure Mg and Zn as coatings for polymeric coronary stents or examining 
their influence on antimicrobial activity. However, some studies have 
shown positive effects in inhibiting the growth and proliferation of 
Gram+ and Gram− bacterial strains when using composite structures 
with the proposed polymeric and metallic materials. It is important to 
note that most studies have used oxide particles to reinforce the poly
meric matrix and not the pure metallic elements [83–85].

In Fig. 13, it is evident that there is a statistically significant decrease 
in the presence of bacteria on the surfaces after the modification of the 
polymeric materials. The antibacterial effectiveness is particularly 
notable against E.coli and S. aureus, two common organisms responsible 
for infections in the early stages of coronary stent implantation, with an 
antibacterial efficiency ranging from 92 % to 100 %. This highlights the 
advantages of using metallic coatings to reduce infections following the 
placement of a coronary stent. Furthermore, the antibacterial efficiency 
against P. aeruginosa, a Gram− bacteria known for its antibiotic multi
resistance, is over 50 %, particularly for the polymers coated with Zn. 
The literature indicated that numerous scientists have proposed several 

potential bactericidal mechanisms of Mg and Zn that hinder the growth 
of these strains [86,87]. Fig. 14 illustrates a schematic representation of 
possible antibacterial mechanisms due to the presence of Zn and Mg 
ions, according to the descriptions reported in the literature [86,87] and 
must be interpreted only as a visual aid.

Magnesium corrodes rapidly under normal physiological conditions 
with high chloride concentration and a pH between 7.4 and 7.6. This 
corrosion increases pH value and Mg2+ concentrations, inhibiting the 
growth of E. coli, P. aeruginosa, and S. aureus strains. The potential of Mg 
ions as an antibacterial agent is intriguing. Studies have shown that high 
concentrations of Mg ions could prevent bacteria adhesion and biofilm 
formation, making bacterial cells more vulnerable to adverse conditions 
and antibacterial agents [79]. Published research has indicated that 
higher Mg2+ concentrations result in a stronger antibacterial effect, 
likely due to increased osmotic stress on the cell wall [88]. Additionally, 
Mg2+ ions were effective against S. aureus, potentially disrupting 

Fig. 13. Quantitative analysis of viable bacteria on the surface of the polymers, coated and uncoated, after 24 h of incubation at 37oC, determined by the spread 
plate method.

Table 5 
Antibacterial efficiency of the tested surfaces against S. aureus, P. aeruginosa and 
E. coli strains.

Surface CFU (x103) Antibacterial Efficiency (%)

S. 
aureus

E. 
coli

P. 
aeruginosa

S. 
aureus

E. 
coli

P. 
aeruginosa

PLA 38 ± 7 24 ±
3

447 ± 48

PLA +
Mg

3 ± 2 0 ± 0 172 ± 29 92 100 62

PLA +
Zn

0 ± 0 0 ± 0 11 ± 7 100 100 98

PCL 47 ± 11 39 ±
6

457 ± 48

PCL +
Mg

1 ± 1 4 ± 4 230 ± 39 98 90 50

PCL +
Zn

1 ± 1 3 ± 3 115 ± 25 99 92 75

A.M. Sousa et al.                                                                                                                                                                                                                               Bioactive Materials 46 (2025) 55–81 

64 



bacterial membranes [88]. However, other studies suggest that the 
antibacterial properties of Mg are independent of Mg ions and may be 
influenced by the alkaline environment [86]. The intracellular concen
tration of Mg in many cell types is relatively high, ranging between 15 
mM and 30 mM. Therefore, when Mg ions are used alone as an anti
bacterial agent, their concentration must exceed the one inside bacterial 
cells. However, when combined with an alkaline environment, even a 
moderate concentration of Mg2+ can yield a strong antibacterial effect 
[79]. At the same time, corrosion product Mg(OH)2 precipitates 
demonstrated little contribution to the antibacterial properties of 
Mg-based materials due to their easy transformation into soluble MgCl2 
[89,90].

In the present study, Mg ions were rapidly released after 48 h, 
reaching a concentration of around 21 mg mL− 1 (868 mM) into the 
media. This rapid release is notable, as it is a concentration enough to 

kill most bacteria [91,92]. The pH value also increased, and the film was 
almost degraded after 24 h of incubation with the bacteria strains. The 
higher concentration of Mg2+ ions can lead to cellular enzyme deacti
vation, resulting in increased levels of reactive oxygen species (ROS). 
Bacteria produce enzymes such as superoxide dismutase, catalase, or 
proteins like thioredoxin to neutralise the generated ROS as a defence 
mechanism. Nonetheless, in the presence of Mg ions, an excess amount 
of ROS can be produced, overwhelming the defence mechanisms of the 
bacteria and causing oxidative stress, ultimately leading to cell necrosis 
[91,92].

Another non-ROS antibacterial mechanism might involve cellular 
membrane damage. Due to the positive surface charge of the ions, they 
bind electrostatically to the cell membrane of bacteria (negative 
charge), leading to membrane distortion, cytoplasmic material leakage, 
and, ultimately, cell death [91,92].

Fig. 14. Schematic representation of possible antibacterial mechanisms for Zn and Mg ions, according to the literature descriptions (Created in BioRender.com).
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Within the metallic coatings, zinc was more effective against the 
tested bacteria, particularly against the P. aeruginosa strain. Literature 
reports that zinc-based materials have a lower minimal inhibitory con
centration (MIC) than magnesium-based materials. For example, con
centrations of zinc higher than 1 mM and 10 mM in the physiological 
medium can inhibit the growth of P. aeruginosa and S. aureus strains, 
respectively, which is a lower value than those observed for magnesium- 
based materials [37]. The concentration of Zn2+ after 48 h was around 
9.5 mg per mL (144 mM), sufficient to inhibit cell proliferation 
post-implantation and increase pH values. The antibacterial mechanism 
of zinc involves the oxidation of water molecules or hydroxide anions in 
bodily fluids [64,70]. This oxidation mechanism leads to a chain reac
tion resulting in the production of ROS that have bactericidal effects. 
The stress resulting from ROS production can impact the structure of 
bacterial membranes, leading to the loss of their selective function.

Furthermore, the energy production and DNA replication of bacteria 
can be affected by ROS [87]. Zn2+ can bind to the surfaces of Gram+ and 
Gram− bacteria through various metabolic pathways, ultimately 
damaging the cell surface. Zinc-based materials have multi-target 
compounds, affecting several structures of bacterial cells, but their pri
mary mechanism of action is on the cytoplasmic membrane, with other 
structural effects occurring as a consequence [93] (Fig. 14).

The antibacterial analysis affirms the efficacy of both coatings in 
reducing the proliferation of prevalent bacterial strains in the medical 
sector, thereby averting post-implantation infections following coronary 
stent procedures.

3.3. Blood clotting assays

One common occurrence after stent implantation is in-stent throm
bosis (IST), caused by the formation of blood clots. In fact, in cases 
involving this device, IST can lead to myocardial infarction and mor
tality in up to 80 % of cases [94]. The main causes are damage to the 
artery lining, lack of anti-clotting substances, plaque rupture, stent 
design, or the materials used.

When implanted, the device and its materials evoke a healing 
response from the body, and the goal is seamless integration without 
triggering chronic inflammation that could lead to implant failure. Upon 
contact with the tissues of the body, proteins in the blood and interstitial 

fluids adhere to the surface of the biomaterial, regulating clotting, im
mune response, and inflammation.

Factors such as Factor XII and Factor VII, as well as the activation and 
adhesion of platelets, can contribute to clot formation. Furthermore, the 
biomaterial surface can activate the complement system, which is 
associated with an immune response [94–96] as schematically repre
sented in Fig. 15 that serves as a visual aid using information from the 
literature. Hence, it is essential to engineer biomaterials that discourage 
coagulation and inflammation to facilitate successful bodily integration.

In this section, we will focus on how materials can influence blood 
clot formation, which can be due to foreign material contact or hyper
sensitivity reactions to the corrosion products. The activation of the 
contact pathway of coagulation was evaluated by using static in vitro 
blood clotting assays to measure the thrombogenicity (%) (Fig. 16) and 
BCI (%) (Fig. 17) of both the coated and uncoated polymers.

Polymeric materials such as PLA and PCL have been extensively 
studied for their interface with the human body. Although the results of 
this study showed that thrombosis and BCI occur more frequently in 
bare polymers than in coated samples, several researchers have noted 
that bioresorbable polymeric materials have a lower likelihood of 
thrombus formation than permanent metallic stents like CoCr [4]. Both 
bioresorbable polymeric materials are FDA-approved as part of stents, 
specifically as coatings for drug-eluting stents made with CoCr, due to 
their ability to reduce the thrombogenic effect. The use of these biode
gradable polymers as coatings has demonstrated excellent results [4]. In 
the case of polymeric frameworks, most thrombosis occurrences are 
attributed to the greater thickness of the strut and blood flow distur
bances, which could potentially lead to blood clot formation rather than 
the material itself [4,97]. Nevertheless, initiating dual antiplatelet 
therapy is always necessary to prevent stent thrombosis, which may 
explain the outcomes of the current study [98].

Considering the potential for blood clot formation, the research 
outcomes indicated that the uncoated polymeric samples and the spec
imens coated with magnesium developed a clot within the stipulated 
time. Additionally, the magnesium coating fully degraded upon contact 
with the blood sample. Compared to the in vitro degradation tests (sec
tion 3.1), the degradation of the coatings in whole blood occurs signif
icantly faster. Recognising that the dynamics observed in biological or in 
vivo samples differ from SBP is important. In this context, it is crucial to 

Fig. 15. Schematic representation of thrombus formation: A simplified diagram of the blood coagulation cascade and thrombus formation resulting from the 
activation of the intrinsic, extrinsic, and common pathways according to literature information (Created in BioRender.com).
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consider the influence of organic components on the degradation of the 
coatings, including, for instance, proteins or platelets [99]. For example, 
approximately 55 % of blood proteins consist of serum albumin, with 
average concentrations typically ranging from 30 to 50 g L− 1 [24]. 
Existing literature suggests that within this concentration range, the 
degradation rate of magnesium may be enhanced due to protein ag
gregation, thereby accelerating the overall process [24].

Regarding the blood clotting index, this parameter measures the 
amount of Hb released from haemolysed red blood cells that were not 
incorporated into the clots formed. Higher absorbance of haemoglobin 
indicates a higher clotting index [41] and, consequently, a lower clotting 
rate. According to the results, samples coated with magnesium also 
demonstrated a higher probability of forming thrombi on their surface 
than zinc. Although the findings suggest a minor decrease in thrombus 
formation and lower BCI in samples coated with Mg, the difference was 
not considered significant compared to the uncoated polymeric 
substrates.

Despite previous indications of antithrombotic properties in mate
rials based on Mg [79], the presence of a clot was observed in this work. 
This occurrence of thrombus formation can be attributed to the rapid 
degradation of the metallic coating upon contact with whole blood 
[100]. Adverse reactions resulting from rapid degradation, such as an 
increase in Mg2+ or local alkalisation, lead to the rapid generation of 
substantial amounts of hydrogen, causing side effects that promote the 
activation of the blood cascade [100]. A study by Pan et al. [101] noted 
that platelets adhere more to the surface of magnesium implants when 
there is a higher degradation rate. The authors described that the fast 
degradation of the magnesium alloy in the physiological environment, 

combined with a rapid increase in pH value, significantly impacted red 
blood cells and the rate of haemolysis. They also noticed a shorter 
clotting time than other materials, indicating quicker clot formation 
[101]. Another study by Zhen and colleagues [102] explained that when 
the concentration of Mg2+ reaches 1 mg mL− 1, there is a minimal 
destructive effect on erythrocytes, and the high pH value is the primary 
reason for the high haemolysis ratio and thrombus formation. These 
findings help to explain the results since it was confirmed that the film 
degraded at a very high rate, leading to its almost complete degradation, 
as shown in Fig. 16A [102].

Considering the surfaces coated with Zn, there is a notable decrease 
in thrombogenicity percentage and an increase in BCI compared to the 
remaining samples and the positive control. Additionally, the zinc- 
coated samples did not degrade during the incubation period, and the 
blood clotting index measurements also showed that the polymers 
coated with zinc are the least likely to form thrombi on their surface. 
These findings agree with published works indicating that zinc-based 
materials lead to lower platelet activation and haemolysis rates, 
resulting in reduced thrombogenicity percentage [23,103]. Platelet 
activation encompasses various phases, such as platelet deformations, 
adhesion, aggregation, and release reactions, including the liberation of 
various factors [104]. According to a study by Tamura et al. [105], zinc 
can offer protective effects by promoting the production of nitric oxide 
(NO), which is known to have various physiological activities, including 
inhibiting platelet aggregation and, thus, minimising the probability of 
thrombus formation. Furthermore, Yue and colleagues [104] demon
strated that zinc yields low platelet adhesion, implying no adverse effect 
on thrombogenicity. Additionally, the gradual release of zinc over time 
may be advantageous in reducing the probability of developing other 
cardiovascular diseases. It has been proven that higher serum zinc levels 
are connected to a lower risk of myocardial infarction [105]. Fig. 18
presents a simplified schematic representation that illustrates the in
formation of the previously discussed theories about the pre
sence/absence of thrombus in response to the degradation of Mg and Zn 
in whole blood, according to the literature [23,100–105].

CoCr alloys used in coronary stents in the medical field have been 
found to trigger blood clotting and inflammation due to their ability to 
activate platelets, coagulation, and induce white blood cell adhesion. 
These factors can lead to IST when the stents are implanted without a 
polymeric coating and pharmaceuticals [106]. In the present study, the 
coated samples, especially those coated with zinc, show promising 
outcomes as they have a lower tendency for thrombus formation. This is 
consistent with findings from a study by Anderson et al. [107], which 
compared various metallic materials for stent application and found that 
Fe, molybdenum (Mo), 316L SS, CoCr, and nickel-titanium (NiTi) had 

Fig. 16. Thrombus formation during the static in vitro blood clotting assays: A) Representative images of the blood clot after incubation; B) Thrombogenicity 
percentage of the tested samples.

Fig. 17. Blood Clotting Index of all tested surfaces.
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Fig. 18. A simplified schematic representation that illustrates a possible explanation of the thrombus formation occurring on the material surfaces through the activation of coagulation factors (such as, fibrinogen, 
FXIIa) adsorbed to the materials (Created in BioRender.com).
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significantly higher FXIIa generation rates compared to Mg and Zn, 
indicating a higher prospect of blood cascade activation and, conse
quently, thrombus formation [107].

The findings exposed in this section indicate that Zn-coated polymers 
may possess inherent anticoagulant properties due to the absence of a 
thrombus on the surface of the samples. Some researchers have already 
demonstrated that creating coatings with anticoagulant properties is 
possible. They indicated the potential to lower the concentration of 
pharmaceuticals applied to the stents or even develop drug-free stents 
[108–110]. In this context, Zn coating is a novelty for highly functional 
coatings that can enhance the performance of polymeric-based stents 
concerning in-stent thrombosis and other related properties.

3.4. Radiopacity

One of the critical aspects of the stenting procedure is the precise 
positioning and deployment of stents, which is carried out by inter
ventional cardiologists using medical imaging techniques. The literature 
defines radiopacity as the ability of a material to absorb radiation and 
appear in white or opaque medical images, such as on radiographs. 
Radiopacity can be assessed by qualitatively comparing images or 
quantitatively determining the specific difference in optical density or 
pixel intensity between the test specimen and the standard [43].

According to previous works [111], one of the methods to evaluate 
quantitatively the radiopacity is dependent on the X-ray attenuation 
caused by the stent material and is characterised by a parameter known 
as the linear attenuation coefficient (μ) (cm− 1). Attenuation refers to the 
reduction in the intensity of an X-ray beam as it passes through a ma
terial due to the absorption or scattering of photons from the beam, and 
it is calculated according to equations (4) and (5), in which x is the mass 
thickness (calculated by multiplying the thickness by the density), Iinci

dent and Itransmitted are the intensities of the incident and transmitted 
beams, respectively. 

Radiopacity=
Iincident

Itransmitted
Equation 4 

Iincident

Itransmited
= exp [− μ x] Equation 5 

Another reliable method for evaluating radiopacity from CT images 
is using the Hounsfield scale. This scale measures the attenuation value 
of the radiation in a specific voxel and compares it to the attenuation of 
water [112]. CT attenuation values are indicated in Hounsfield units 
(HU), named after Sir Godfrey Newbold Hounsfield, the pioneer of CT 
scanning. The HU values of each pixel undergo digital image conversion 
by assigning a grayscale intensity to each value. Higher values indicate 
increased pixel brightness, meaning an increased radiation absorption 
[113–115]. Additionally, the HU is directly correlated to the μ value of 
the sample at a specific energy level of the CT scanner, where μw is the 
linear attenuation coefficient of the water (Equation (6)) [116]. The μw 
for the equipment used in this study was considered 0.35 cm− 1. 

HU=
μsample − μw

μw
× 1000 Equation 6 

Remember that these evaluation methods rely on the grayscale 
values (GSV) of each pixel, which range from 0 to 255. A value of 
0 represents the darkest shade, while 255 is the brightest. Thus, mate
rials with higher μ and HU will have a pixel value of around 255, making 
them visible in the medical image. According to previous studies in the 
field, equation (7) gives the percentage of contrast of the coated samples 
relative to the uncoated polymers [117]. 

Contrast (%)=
GSVcoated − GSVuncoated

GSVcoated + GSVuncoated
× 100 Equation 7 

The qualitative analysis involved evaluating the 3D projections of 
images of the coated samples compared to the uncoated polymer, from 

which the contrast results were extracted (Fig. 19). The quantitative 
analysis of radiopacity was carried out by calculating the HU values and 
the linear attenuation coefficients (Fig. 20).

The literature shows that a material should be composed of elements 
with higher density and higher attenuation coefficients to enhance the 
visibility of stents in medical imaging [111]. One proposed material as 
the base structure for coronary stents is 316L SS, but it demonstrated 
poor visibility with a linear attenuation coefficient of 2.91 cm− 1. CoCr 
alloy-based stents have become recently the gold standard in this med
ical field due to their improved radiopacity (μ = 7.33 cm− 1) [111]. 
However, as discussed previously, these stents have many adverse is
sues, such as their permanent metallic structure, which can trigger 
biological events over time. Bioresorbable stents have been developed to 
reduce the occurrence of these biological events since they are degrad
able over time.

In this context, certain studies have proposed the addition of radi
opaque markers, but these markers still have limited dissolution in the 
human body [6]. Other researchers have proposed blending polymeric 
materials with other compounds to increase radiopacity. For instance, 
Wang and colleagues [118] suggested adding iohexol particles to the 
polymeric matrix to achieve higher radiopacity. However, although this 
procedure improved radiopacity, it also decreased the mechanical 
properties [118]. Another study by Srivaskava et al. [31] suggested 
blending PLA/PCL/Mg-Zn-Y to improve radiopacity, but elements such 
as yttrium (Y) are known to be genotoxic and cytotoxic [119]. Recent 
studies have indicated the use of radiopaque surface coatings, such as 
gold, to improve the traceability and precise positioning of stents made 
with materials with lower attenuation values [30]. However, clinical 
studies have found that gold coatings may increase the risk of biological 
events following stent implantation [111].

The materials used in this study are both degradable when in contact 
with bodily fluids, which is an improvement compared to previous 
studies that used coatings to enhance radiopacity. The results show that 
zinc has significantly higher radiopacity values than magnesium. The 
qualitative analysis of contrast percentage compared to the polymeric 
control also indicated a noticeable difference. This observation can be 
attributed to the higher thickness of the Zn film and its atomic number. 
According to Stinson and colleagues [120,121], an effective atomic 
number (Z) greater than 22 is the minimum requirement for a material 
to impart radiopacity. This explains why the magnesium film does not 
provide higher visibility during tomography analysis compared to the 
zinc coating, which shows better coating distribution, a more compact 
and dense film, and higher values of linear attenuation coefficient and 
HU. The same work specifies that radiopaque markers should have a 
minimum linear attenuation coefficient of 5.46 cm− 1 with a thickness of 
less than 10 μm [120,121]. The zinc coating provides a μ = 6.2 ± 0.4 
cm− 1, which surpasses the desired value for ensuring good radiopacity 
[121]. On the other hand, the magnesium coating has values similar to 
those of HU and a linear attenuation coefficient compared to the poly
meric material, which is insufficient to accomplish the requested 
radiopacity.

Hence, the deposition of a zinc coating offers a practical solution for 
improving radiopacity and reducing post-implantation complications 
such as thrombosis. Additionally, magnetic resonance imaging (MRI) 
can be used as an alternative to CT to monitor stent placement. Zinc, 
with MRI compatibility similar to polymers and ceramics, is a promising 
choice for coating biodegradable stents, as it is MRI-compatible, unlike 
CoCr stents, which can cause imaging artefacts [103].

3.5. Mechanical characterisation

3.5.1. Tensile test
When evaluating coronary stents, it is crucial to ensure adequate 

plastic deformation during expansion to prevent elastic recoil [2]. 
Following the selection of an adequate design as recommended by the 
literature [2], the 2D geometry of the stents was printed and coated with 
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metallic films. Characterisation was made through tensile tests to eval
uate the influence of the coatings on the behaviour of the stent, partic
ularly on yield strength [111,122]. Additionally, the study examined the 
adhesion of the coatings to the polymers during stent expansion. This 
evaluation was achieved by observing the morphology of the stents 
post-test and gauging the electrical resistance during the tensile test. 
Additionally, the study investigated how well the coatings adhered to 
the polymers during stent expansion since the literature reports that 
delamination of the coating from the substrate during intravascular 
deployment is common and can lead to adverse patient outcomes [123]. 
This evaluation was achieved by observing the stents post-test and 
gauging the electrical resistance during the tensile test. A limit of 5 % 
strain of the stent was applied for this test. Stress was measured in kPa as 
recommended by ISO standard 25539-2. Fig. 21 illustrates representa
tive stress (σ) vs. strain (ε) curves obtained during the mechanical tests. 
Fig. 22 presents the yield strength (σy) values (mean ± SD) of the un
coated and coated stents.

Stent expansion is the result of compressive and tensile forces, with 
the former primarily influenced by vessel characteristics such as wall 
stiffness and plaque morphology and the latter dependent on the applied 
pressure, deployment time, and properties/characteristics of the stent, 
including strut design and material [124]. An essential consideration for 
stents is the yield strength of the materials, which generates multifac
eted outcomes. While higher yield strength can improve stent perfor
mance by enhancing radial strength, it can also increase recoil and 
reduce flexibility during deployment, consequently jeopardising the 
stent performance [111,122].

Since polymeric materials are known for having viscoelastic prop
erties, lower yield stress is preferred to ensure that plastic deformation 
occurs [111,122,125–127]. The deformation must be enough to prevent 
displacement after implantation but without subjecting the stent to 
excessive load, which could otherwise lead to higher stress in the artery 
and potential restenosis due to endothelial damage [124]. According to 
this research (Fig. 22), when stents are coated with metal, they may 

Fig. 19. Representative Images of the micro-CT analysis of the coated polymers, displaying the thickness of the coatings, the atomic number of the metallic elements 
and % of contrast increase in relation with the polymer.

Fig. 20. Quantitative analysis of radiopacity.

Fig. 21. Representative stress-strain curves of the uncoated and coated stents.
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experience a reduction in yield strength. This implies that the modified 
stents can undergo a higher level of plastic deformation for the same 
displacement, resulting in a lower recoil ratio.

Moreover, the experimental mechanical tests indicated that PLA- 
based stents have higher yield strength than PCL but they also have a 
higher probability of fracture during tensile test, as shown in Fig. 21. 
These results align with former computational analyses indicating that 
PLA-based stents are more likely to fracture during expansion with a 
balloon [2].

Compared to the clinical benchmark CoCr, the yield strength values 
for all material configurations presented in this work are lower [128]. 
However, polymer-based stents necessitate lower balloon pressures for 
deployment, which reduces the risk of thrombosis and restenosis by 
imposing lower stresses on the artery system than permanent metallic 
stents. Additionally, there is less property mismatch between polymers 
and arterial tissues, potentially offering clinical benefits [128]. Although 
metallic coatings were used in this work, they are beneficial for coating 
coronary stents as they lower the probability of thrombus formation, 
reducing the percentage of thrombosis, as previously demonstrated in 
section 3.3.

Numerous medical papers have documented the stent coating 
becoming detached from the substrate during artery placement, leading 
to adverse patient outcomes. This is attributed to the differing properties 
of the metallic and polymeric materials, as well as the minimal thickness 
of the coating, which experiences substantial plastic strains during 
deployment compared to the base structure [123]. As widely docu
mented in the literature, polymeric materials are known for being 
electric insulators with no conductivity [129]. In contrast, metals exhibit 
lower resistance and higher conductance than polymeric materials. 
Consequently, the electrical conductance of the stent designs can be 
enhanced by using metallic coatings.

According to the literature, it is possible to confirm the detachment 
of a metallic coating from a non-conductive polymeric substrate by 
evaluating its electrical properties [130]. A fully adhered conductive 
coating maintains the overall electrical pathway, while a coating 
detachment, whether due to delamination, cracking, or other occur
rences, disrupts the pathway and leads to changes in electrical con
ductivity or resistance [130,131]. This fundamental principle can be 
leveraged to detect detachment or delamination of the metallic coating.

The evaluation of film adhesion involved measuring the electrical 
conductance of the stent design during a tensile test by maintaining a 20 
mm distance between the clamp electrodes, and these placed in contact 
with the coated samples. During the strain, the electrical resistance was 
measured. By disregarding minor changes in the intrinsic conduction of 
materials and focusing on the geometric effect caused by the applied 
strain, it is possible to quantify the normalised electrical resistance 
behaviour using Equation (8). In this equation, R0 represents the initial 
electrical resistance before the strain, R denotes the measured electrical 
resistance during the strain, L0 is the initial gauge length, and L is the 
gauge length during the test [130,132]. 

R
R0

=

(
L
L0

)2

=(1 + ε)2 Equation 8 

The electrical conductance was calculated using Equation (9), where 
RNormalised is the resistance value after normalisation [133]. 

Electrical Conductance=
1

RNormalised
Equation 9 

The electrical conductance of the surface-modified polymeric stents 
was assessed to anticipate any alterations during expansion and to detect 
potential coating detachment (Fig. 23). Moreover, optical images of the 
stent design post-test were captured, and the specimens were examined 
under an optical microscope (Fig. 24).

The main purpose of this experimental test was to compare the 
electrical properties of different polymeric materials coated with two 
metallic coatings. Analysis of the results reveals the absence of signifi
cant alterations in electrical properties during the tensile test, signifying 
no coating detachment for the specified strain. Furthermore, macro
scopic optical images confirm the lack of discernible cracks in areas 
predisposed to fracturing during the tensile test. Prior research findings 
suggest that the higher stress and potential for fracturing during PCI 
occur at the strut connections and curved regions during stent expansion 
[134,135]. Thus, an induced fracture in these high-stress areas conclu
sively demonstrates the sustained adhesion of the film to the substrate 
under these conditions (inset in Fig. 24). Notably, despite the minimal 
thickness of the coatings, the induced strain during the tensile test does 
not compromise their adhesion to the polymeric substrate. This obser
vation strongly suggests that there will be no detachment during the PCI.

According to the literature survey, no reported studies have specif
ically investigated the application of this method for assessing the 
detachment of a coating from a coronary stent. The outcomes of this 
study and prospective considerations concerning responsive stents 
indicate that this approach could prove valuable in identifying potential 
shortcomings during stent deployment. Certain studies have suggested 
the feasibility of utilising a balloon equipped with electrodes to ascertain 
the electrical conductivity of the stents during their expansion [136,
137]. Integrating these technologies can enhance the accuracy of stent 
placement, thus predicting and reducing the risk of procedural 
misalignment that may lead to post-stenting biological events.

3.5.2. Cyclic compression
The compression tests were carried out by the recommendations 

outlined in the literature and the ISO standard 25539-2 [47,48,138]. 
This standard specifies that the compression tests are intended to 
"evaluate the long-term structural integrity of the stent when subjected to 
cyclic compressive loading perpendicular to the stent axis, which is appro
priate for the device design and intended clinical application" [47]. Ac
cording to ISO standard 25539-2, the normalised force was calculated 
for each configuration, considering the length of the coronary stent [47]. 
Fig. 25 illustrates the values of the maximum normalised compressive 
force (mean ± SD) during the cyclic tests.

The research found that stents with surface modifications 

Fig. 22. Yield strength (mean ± SD) of the uncoated and coated stents.

A.M. Sousa et al.                                                                                                                                                                                                                               Bioactive Materials 46 (2025) 55–81 

71 



Fig. 23. Representative stress-strain curves and normalised electrical conductance of the coated stents during the tensile tests.

Fig. 24. Representative optical images of stents after a tensile test (inset following the tensile test, an induced section was fractured to observe if the coating 
remained attached to the polymeric substrate) (bar = 2 mm).
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demonstrate increased strength when subjected to compressive loading 
conditions, especially PCL-based stents. Considering only the first cycle, 
the statistical analysis revealed a 270 % increase in compressive force 
for the zinc-coated PCL stents (Figure S3 – Supplementary Information). 
Additionally, the compressive force of PLA-based stents increased by 
approximately 40 % and 20 % when applying Mg and Zn coatings, 
respectively.

When comparing the normalised values to those of commercially 
available stents, the results indicate that the produced stent yields 
similar outcomes for the same 25 % strain [139]. For example, Wei et al. 
[48] noted in their study that the commercially available stent 
(ABSORB™), made with PLA and featuring a 140 μm strut thickness, can 
withstand a force of around 0.2 N mm− 1 at a 25 % strain. In this study, 
the force supported by the neat PLA-based structure is approximately 
0.18 N mm− 1, increasing to around 0.25 N mm− 1 when the stent is 
modified with coatings. It is worth noting that the produced stent has a 
lower thickness than the commercial stent, showcasing the efficiency of 
this new approach. On the other hand, PCL-based stents exhibit a lower 
value of normalised force, in line with the results of previous studies 
[140], even after surface modification.

Compressive strength values can also be expressed in pressure (kPa), 
calculated by considering the force exerted by the plate and the surface 
area of the stent in contact with the plates during the test [47]. In this 
study, the maximum pressure at 25 % of strain was compared to the 
average blood pressure of patients with atherosclerosis. Typically, 
average blood pressure has a mean value of 100 mmHg (12.5 kPa), 
fluctuating between a diastolic value of 80 mmHg and a systolic value of 
120 mmHg [134]. According to the World Health Organization (WHO), 
individuals with clinical conditions such as atherosclerosis often have 
hypertension, which is when the pressure is too high, usually around 
160/95 mmHg (21/12 kPa) with an average blood pressure of 117 
mmHg (15 kPa) [141–143]. Fig. 26 displays the maximum pressure 
during the first cycle compared to the average blood pressure.

One of the objectives of this mechanical test was to assess the ca
pacity of the stents to withstand the forces exerted by the artery wall. 
Given the complex loading circumstances in vivo, an extreme deforma
tion of 25 % was applied as a safety measure to guarantee the capacity of 
the stents to endure substantial deformations without fractures. It was 
observed that the stents exhibited no visible fractures when subjected to 
a 25 % deformation during both the initial cycle and subsequent cycles.

However, based on the findings in the literature, it is evident that 
stents generally undergo deformations ranging from 3 % to 10 % during 
diastolic and systolic movements, depending on their design and ma
terial composition [6]. Considering the average blood pressure of a 
patient with hypertension, PLA-based stents exhibited an average strain 
of 11 %, 5 %, and 2 % for PLA, PLA + Mg, and PLA + Zn stents, 
respectively, while PCL stents showed an average strain of 11 %, 9 %, 
and 5 % for PCL, PCL + Mg, and PCL + Zn- stents, respectively. The 
results of this specific mechanical test indicate slight deformation within 
the elastic limit of the device for all material configurations. Conse
quently, there is no additional permanent deformation in coronary 
stents after placement and for a specific blood pressure within a 

damaged artery. Additionally, this behaviour prevents the displacement 
caused by the decrease in diameter due to the forces exerted by the 
artery. Therefore, concluding that the produced stents demonstrated 
promising outcomes is reasonable.

Fig. 27 shows the representative curves of the normalised force 
versus strain ratio during the different cycles for each material config
uration. Upon analysing the representative curves of the normalised 
compressive force versus strain ratio during various cycles, it is evident 
that the first hysteresis loop does not fully close. The result indicates 
significant residual deformation resulting from cyclic loading and 
unloading within the specimens at 25 % of deformation. The hysteresis 
loops exhibit wide dispersion in the first cycle, but their distribution 
becomes increasingly concentrated with more cycles. Furthermore, the 
analysis of the maximum normalised force (Fig. 25) confirms a dimin
ishing trend with an increase in the cycle number, especially notable in 
the case of the surface-modified PLA. Regardless, it is essential to 
mention that cyclic compression tests were conducted applying a 25 % 
deformation, an extreme in vivo condition. As previously mentioned, the 
strain experienced by the artery during movement is approximately 10 
%.

Since a cyclic test was done, other parameters were considered for 
this study. One was the energy consumption per unit volume (Sh) 
calculated for each cycle. Also, the dynamic elastic modulus (Edynamic) 
(Equation (10)) and the damping ratio (λR) (Equation (11)) were 
calculated for each cycle, considering the Sh and the area (AS) of the 
triangle AOG (Fig. 28) [144,145]. Fig. 28 depicts a schematic hysteresis 
loop diagram for one cycle. The area under the loading curve (Sre – 
ABCEF) represents the energy per unit volume obtained from the load in 
the cycle, while the area under the unloading curve (Sun – ADCEF) 
represents the elastic deformation energy per unit volume released in 
one cycle. The difference between the two areas (Sh) corresponds to the 
energy consumption per unit volume in the cycle [144,145]. The hys
teresis loop area was calculated by applying the integral method, with a 
second-order Savitzky-Golay smoothing performed with a threshold of 
0.05. The OriginPro® 2018 software was used for this intention. Fig. 29
(also Figure S4 – Supplementary Information) and Fig. 30 display the 
results from the dynamic elastic modulus and damping ratio variation 
through the different cycles. 

Edynamic =
σdmax − σdmin

εdmax − εdmin
Equation 10 

λR =
Sh

4πAs
Equation 11 

The literature suggests that a larger hysteresis ring area indicates 
increased energy loss, higher damping, and augmented plastic defor
mation [146]. It has been observed that cyclic stress at a 25 % strain 
ratio significantly impacts the mechanical properties of stents, possibly 
resulting in post-implantation displacement [6]. Initially, stents undergo 
notable plastic deformation, but this deformation stabilises after several 
cycles, as evidenced by reduced hysteresis loop area and stabilised 
compressive force values. This behaviour aligns with the viscoelastic/
plastic nature of biodegradable polymers, which are known to absorb 

Fig. 25. Values of the maximum compressive normalised force (mean ± SD) during the cyclic tests.
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and dissipate energy during dynamic loading. These findings agree with 
existing literature [147]. For example, Meng et al. [148] noted that 
pristine PCL exhibited higher initial hysteresis loops that decreased with 
subsequent cycles, particularly with increasing deformation strain.

Similarly, PLA-based stents displayed a higher hysteresis area in the 
first compression cycle [149]. Other parameters confirming this trend 
are the dynamic elastic modulus and damping ratio. Both parameters 
decline with increasing cycle numbers, indicating plastic deformation in 
the stent samples. The accumulation rate of plastic deformation di
minishes over time, gradually decreasing the damping ratio and dy
namic elastic modulus (Table S1 – Supplementary Information). As 
mentioned, the energy dissipation observed in this study can be attrib
uted to viscoelastic dissipation, a notable mechanism in which internal 
friction and molecular rearrangements contribute to energy loss and 
plastic deformation [150].

Additionally, the maximum compressive force decreases with 
increasing cycles for all material configurations, indicating a decline in 
mechanical strength and lower modulus values over time. The reduction 
in hysteresis surface area with increasing cycles suggests that the stents 
attain a stable configuration, thereby reducing energy dissipation over 
time [6]. These observations reflect the overall behaviour throughout 
the tests, given that fatigue is an ongoing process [150]. In comparing 
pristine polymers with surface-modified ones, the surface-modified 
stents exhibit higher values of dynamic elastic modulus, indicating su
perior mechanical performance. Regarding the damping ratio, the 
values are relatively similar, attributed to the polymeric base structure 
of the stents [31]. At the time of writing this manuscript, the authors are 
unaware of any studies that assess how sputtered coatings influence 
cyclic compression in polymer-based stents. However, some researchers 
[6,31] have highlighted the effects of incorporating Mg and Zn micro
particles into the PLA/PCL matrix, demonstrating that both config
urations—polymeric stents with and without these particles—dissipate 
approximately the same amount of energy due to the polymeric sub
strate [6,31]. The prior information offers valuable context to explain 
the data provided in the present study.

Nevertheless, it is crucial to consider that the strain utilised in this 
study is significantly higher than in vivo, and the strain rate is much 
lower than the velocity of the diastolic and systolic movements.

Compared to the clinical gold standard (CoCr stents), polymer-based 
stents exhibit lower mechanical properties, such as compressive strength 
[134]. However, the compressive strength determined in this study 
appears sufficient to support arterial pressure, and the materials used are 
known for their compatibility and benefits in vitro, as previously 
demonstrated. The materials tested in this study demonstrated higher 
pressure resistance than those reported in earlier studies, indicating 
their potential for maintaining arterial pressure under cyclic loading 
conditions.

In future research, it is essential to incorporate cyclic compression of 

the stent at a lower deformation ratio with an increased strain rate to 
simulate the movements occurring in the artery. Additionally, con
ducting dynamic mechanical analysis (DMA) and performing differen
tial scanning calorimetry (DSC) on the stents after cyclic compression is 
important to investigate any molecular rearrangements. These analyses 
will provide a more comprehensive understanding of the material 
behaviour of the stents and their potential long-term performance.

3.5.3. Crush resistance
This test aimed to determine the minimum load and deformation 

necessary to induce clinically significant compression, resulting in stent 
fracture, by reducing the stent diameter by at least 50 % [151]. Fig. 31
shows the compressive force vs. strain curves for uncoated and coated 
stents. Figs. 32 and 33 demonstrate the values of the maximum 
compressive force (crush resistance) and compressive modulus (EC) as 
Mean ± SD.

This work compared the crush resistance of coated and uncoated 
stents by analysing their maximum compressive force and deformation 
percentage until fracture. The results indicated that the surface modi
fication of the polymeric stents with a metallic coating significantly 
improved both the crush resistance and the compressive modulus of the 
medical devices, particularly evident in the case of PCL.

In the case of PLA-based samples, it was observed that the crush 
resistance is higher in the coated samples, with an increase of around 37 
% and 34 % for magnesium and zinc coatings, respectively. The same 
trend was observed in the compressive modulus value, which increased 
by around 40 % for the coated samples compared to the uncoated ones, 
indicating higher stiffness or resistance to compression of the device. 
However, the untreated PLA and coated stents showed initiated fracture 
before reaching the pre-defined maximum strain. This behaviour is more 
noticeable in surface-engineered samples, where the fracture begins at 
an average deformation of almost 40 % (Figure S5 – Supplementary 
Information). The results are attributed to the higher compressive 
modulus value, which increases stiffness and makes the device more 
brittle and prone to fracture after a certain percentage of deformation 
[152].

From the literature survey, no studies were found that combined a 
bioresorbable polymeric structure with a biodegradable metallic 
coating. However, some studies have used PLA-based devices. For 
instance, Wei et al. [48] developed a new stent design made with PLA 
and compared it with the polymeric commercial stent ABSORB™. The 
authors found a maximum compressive force ranging between 0.08 N 
mm− 1 and 0.1 N mm− 1 for the commercially available stent and the new 
design, respectively. Another study by Thakur et al. [139] found similar 
values of maximum compressive force, with fracture occurring at a 
deformation percentage of around 20–30 %. In the present research, it 
was found that it is possible to increase the compressive force or crush 
resistance compared to what is found in the market, for instance, by only 

Fig. 26. Maximum pressure (mean ± SD) suffered by the stents during the first cycle (BP is the average blood pressure in a patient with hypertension).
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modifying the surface with a metallic coating [139]. Also, the percent
age of deformation at which fracture begins is increased compared to the 
literature, establishing a safer limit for clinical practice.

Regarding PCL-based stents, there is a significant increase in 
compressive force when comparing pristine and coated polymers, 
especially in the case of zinc-coated samples. The compressive force in 
these samples rises by approximately 74 %, a statistically significant 
improvement over the neat material. Additionally, the compressive 
modulus shows a 61 % increase for Zn-coated samples. However, it is 
important to note that the Zn-coated samples exhibited signs of starting 
to fracture near the end of the test, a behaviour not observed in the case 
of neat PCL and Mg-coated samples. Although no studies have explicitly 
recommended using PCL coated with a biodegradable metallic coating 
for coronary stent applications, certain studies have provided insights 
into the behaviour of PCL-based stents during crush resistance tests. For 
example, the Han et al. [112] study demonstrated that an FCN of 0.01 N 

mm− 1 is required to compress a PCL-based stent by 40 %. Another study 
by Zhao and colleagues [138] involved the creation of a new coronary 
stent by mixing PLA/PCL with two different compositions (95 %/5 % 
and 85 %/15 %), determining FCN of 0.13 N mm− 1 and 0.11 N mm− 1, 
respectively [138]. In the specific context of the discussed research, the 
FCN of PCL was 0.06 N mm− 1, which increased to 0.08 N mm− 1 and 0.23 
N mm− 1 for Mg-coated and Zn-coated stents, respectively. This suggests 
that combining PCL and Zn coating could enhance crush resistance 
compared to literature and commercial stents (0.08 N/mm – ABSORB™) 
and achieve a compressive deformation of almost 50 %, thereby estab
lishing a safer threshold for clinical practice.

The sole study describing a similar approach with a permanent 
polymer and coating [30] revealed a FCN of 0.11 N mm− 1 for a perma
nent polymeric stent made with a photosensitive material (BMF Material 
Technology Inc.) modified with Au coating. As previously mentioned, 
the research approach of the present study is particularly innovative due 

Fig. 27. Representative curves of the normalised compressive force vs. strain during the cyclic tests.
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to the biodegradability and safety of both materials involved in the 
human body.

Additionally, it has been observed that both coated PLA and PCL 
exhibit improved mechanical properties. Notably, in the case of zinc- 
coated PCL, it not only demonstrates superior crush resistance 
compared to the commercial stent and pure PLA but can withstand 
deformation without fracturing, unlike all the coated PLA samples. In 
summary, considering the crush resistance outcomes, PCL modified with 
zinc presents the most favourable combination of results regarding 
maximum compressive force and percentage of deformation, thus of
fering safer possibilities in clinical applications.

4. Conclusions

The primary goal of this study was to explore the impact of metallic 
coatings on the performance of polymeric-based stents. The initial part 
was focused on examining how coatings affected biological response and 
radiopacity, while the second part evaluated the mechanical properties 
of the surface-modified stents. The key conclusions are: 

• Both metallic coatings improved antibacterial properties by inhibit
ing the growth of selected bacterial strains, particularly S. aureus, 
which is responsible for post-stenting bacterial infections. However, 
the degradation rate of Mg during the tests was excessively rapid, 
which could impact the healing process.

• Pristine polymers and Mg-coated ones exhibited higher thromboge
nicity. In contrast, Zn-coated polymers displayed inherent antico
agulant properties without forming a thrombus during the test 
period.

• Concerning radiopacity, the zinc coating demonstrated excellent 
potential for enhancing contrast in medical images, making the stent 
visible during PCI, unlike Mg-coating or neat polymeric base 
structures.

• The presence of a coating reduced the yield strength, evaluated by 
tensile tests, indicating that for the same displacement, plastic 
deformation would increase while elastic recoil would decrease. The 
evaluation of electrical properties during the mechanical test also 
confirmed that the coatings remained adhered to the polymeric 
substrate, a critical factor in determining the performance of the 
surface-modified stent during expansion.

• The results of the cyclic compression indicate a significant 
improvement in the cyclic compressive force due to the coatings. 
Specifically, the zinc-coated PCL stents showed a 270 % increase, 
while PLA coated with Mg and Zn exhibited approximately 40 % and 
20 % improvements, respectively. Furthermore, the cyclic 
compression tests highlighted a decrease in the dynamic elastic 
modulus over multiple cycles, with stabilisation observed after a 
certain number of cycles, particularly in PCL-coated stents.

• The study of the crush resistance revealed that the coated polymers 
demonstrated higher compressive force than the uncoated polymers. 

Fig. 28. Diagram of the hysteresis loop in the stress-strain curve (σdmax and 
σdmin are the maximum and minimum stress in a hysteresis loop.

Fig. 29. Variation of the dynamic elastic modulus (mean ± SD) during the cyclic tests.

Fig. 30. Variation of the damping ratio (mean ± SD) during the cyclic tests.
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It was observed that PLA-coated stents were more prone to fracture 
than the surface-modified PCL. However, both modified polymers 
displayed greater resistance to fracture compared to previous 
research. The findings indicate that combining Zn-coated PCL offers 
the best crush resistance performance.

The research findings indicate that the properties and characteristics 
of the polymeric stents were enhanced through the deposition of a 
sputtered zinc coating. Zinc, the second most abundant metal in the 
human body, does not initiate redox reactions under physiological 
conditions when in a free ion state. Additionally, samples coated with 
zinc inhibited the growth of microorganisms and exhibited inherent 
anticoagulant properties without the need for pharmaceutical incorpo
ration, making them highly functional coatings. Zinc-modified stents 
provided improved mechanical strength to support the forces exerted by 
the artery wall, and the integrity of the film was maintained during 

expansion. Finally, the zinc coating demonstrated excellent radiopacity, 
allowing the stent to be visible in medical images during the PCI.

To gain insight into future prospects, it is crucial to conduct tests 
using endothelial cells to explore the adhesion, growth, and prolifera
tion on the modified surfaces and their cellular compatibility. Further
more, additional mechanical tests are necessary, specifically those 
involving cyclic compression with a lower percentage of strain and a 
higher strain rate to emulate the biological environment. Likewise, in 
vivo tests must be conducted to validate the data obtained during this 
research.
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