UNIVERSITAT POLITECNICA
DE CATALUNYA
BARCELONATECH

Bioresorbable Zn-based alloys for
biomedical applications

Claudia Garcia Mintegui

ADVERTIMENT La consulta d’aquesta tesi queda condicionada a I'acceptacié de les seguents
condicions d'Us: La difusi6 d’aquesta tesi per mitja del repositori institucional UPCommons
(http://upcommons.upc.edu/tesis) i el repositori cooperatiu TDX (http://www.tdx.cat/) ha
estat autoritzada pels titulars dels drets de propietat intel-lectual tnicament per a usos privats
emmarcats en activitats d’investigacio i docéncia. No s’autoritza la seva reproduccié amb finalitats
de lucre ni la seva difusié i posada a disposicié des d’un lloc alié al servei UPCommons o TDX. No
s’autoritza la presentacio del seu contingut en una finestra o marc ali€ a UPCommons (framing).
Aquesta reserva de drets afecta tant al resum de presentacioé de la tesi com als seus continguts. En
la utilitzacié o cita de parts de la tesi és obligat indicar el nom de la personaautora.

ADVERTENCIA La consulta de esta tesis queda condicionada a la aceptacion de las siguientes
condiciones de uso: La difusién de esta tesis por medio del repositorio institucional UPCommons
(http://upcommons.upc.edu/tesis) y el repositorio cooperativo TDR (http://www.tdx.cat/?locale-
attribute=es) ha sido autorizada por los titulares de los derechos de propiedad intelectual
unicamente para usos privados enmarcados en actividades de investigacién y docencia. No se
autoriza su reproduccion con finalidades de lucro ni su difusion y puesta a disposicion desde un
sitio ajeno al servicio UPCommons No se autoriza la presentacion de su contenido en una ventana
o marco ajeno a UPCommons (framing). Esta reserva de derechos afecta tanto al resumen de
presentacion de la tesis como a sus contenidos. En la utilizaciéon o cita de partes de la tesis es
obligado indicar el nombre de la personaautora.

WARNING On having consulted this thesis you're accepting the following use conditions: Spreading
this thesis by the institutional repository UPCommons (http://upcommons.upc.edu/tesis) and the
cooperative repository TDX (http://www.tdx.cat/?locale- attribute=en) has been authorized by the
titular of the intellectual property rights only for private uses placed in investigation and teaching
activities. Reproduction with lucrative aims is not authorized neither its spreading nor availability
from a site foreign to the UPCommons service. Introducing its content in a window or frame foreign
to the UPCommons service is not authorized (framing). These rights affect to the presentation
summary of the thesis as well as to its contents. In the using or citation of parts of the thesis it's
obliged to indicate the name of the author.










CLAUDIA GARCIA MINTEGUI

Bioresorbable Zn-based alloys
for biomedical applications

Doctoral programme in Materials Science and Engineering

Supervisors: Dr. Marta Pegueroles and Dr. José Luis Cortina

Department of Materials Science and Engineering
Department of Chemical Engineering
Universitat Politecnica de Catalunya — Barcelona Tech

Barcelona, 2022

UNIVERSITAT POLITECNICA
DE CATALUNYA x

BARCELONATECH



A todas las personas que habéis contribuido a que cuatro
anos de trabajo hayan acabado en forma de tesis doctoral.

A quienes celebrasteis mis alegrias y consolasteis mis penas.
Vuestro apoyo ha sido tan fundamental como el resultado de

los experimentos.






N 0] 1 (o PSPPSR vi
(€ (0117 PSR PUROPRTRN IX
ENEFOQUCTION. ..ottt bbb 5
I.  Bioresorbable IMPIaNtS...........cooviiiiiiii e 7
I1.  Current state of the bioresorbable implants market.............ccoooeiiiiiiiiie, 7
I11. Potential applications of bioresorbable metals............c.cccooeiiiiiiic i 8
[11.1. Bioresorbable cardiovasCular STENTS..........ccouviveririeiiieie e e 9
I11.2. Bioresorbable antibacterial implants.............ccccoviviiiiiiiic i 11
111.2.1. Bioresorbable ureteral StENTS...........cccviieiiiiicie e 12
111.2.2. WOUNA ClOSUIE HEVICES. .....ccuiiiiiiieiieieite e 13
I11.3. General remarks on bioresorbable IMpIants............cccooiiiiiiin e 14
IV. Bioresorbable metals for biomedical applications............c.cccveviiiiiieve i 14
IV.1. Biodegradation MECNaNISM..........ccuiiiiiiiiiiii e 15
IV.2. Evaluation of bioresorbable metallic implants............c.ccccooviiiiiici e 17
IV.3L TFON (FE) ittt bbbttt e et sb e 18
IV. 4. MagNESIUM (M) ...vveivieieiecie ettt et e st te et e saeesteeneenneeareeneeas 19
YA |3 ol (74 ) SRS SPRRRR 19
IV.6. MOIYDAENUM (IM0) ...ttt 20
IV.7. General remarks on bioresorbable metals.............cccooeiiiiiiiniic s 20
Vo ZN AHOYS. ... bbbttt 21
V.1 ZN-MQ @llOY SYSIEM.. ..ottt re e ens 22
V.2, ZN-CU AHHOY SYSTEM.....eiiiiiiiiiieiieeee et 23
V.3, ZN-AQ AlIOY SYSIEIM.....ecuiiiiiiiie ettt et re e sa e rs e sra e beeneenreas 25
V.4. General remarks 0f ZINC allOYS........ccviiiiiiiiiee e 25
VI. Techniques to control degradation and promote biointegration of Zn-based materials.....26
V1.1, PrOtECTIVE COALINGS. ... eiueititiitiitieieete ettt ettt bbbt na bbb 26
VI.2. Surface fuNCiONAHZAION. .........ccoiiiiiicice s 27
V1.3. Metal forming processing and POSt-ProCeSSING.........cvveiiveeieeiiiiesiesieeseeereesree e seees 28
VI1.4. General remarks on the modification of Zn-based alloys...........c.ccoovvvviiieiininininnn, 30
WL RETEIBNCES. ...ttt bt ettt et et e bt et e e neesbeenbeaneeas 30
ODJECTIVES.......coreecetrceses ettt bbb R bbb 44



Part 1. Characterization of Zn-based alloys...........cccveeiieiiiie i 45

Chapter 1. Characterization of Zn-Mg and Zn-Cu alloys for bioresorbable cardiovascular

] (=111 47
R 101 oo [FTox [0 o RSP PSRPROSP 54
[1. Materials and METNOUS. ........cviiiieiee e 56
AV T PP SRPR P 56
[1.2. Microstructural CharaCterization...........ccooeviiiiinieiiescee e 56
11.3. Mechanical CharaCteriZatioN...........cooueiieriiiiesiee e 57
[1.4. COrroSion EValUBLION.........cciiiiiiieieie et 58
11.4.1. Potentiodynamic polarization teSt............cooiiiiiiieiiieees e 58
11.4.2. StatiC IMMEISION TEST........eitiieiiiciieieee et nre s 58
11.4.3. Electrochemical impedance spectroscopy (EIS)........ccoviiiiiiiiniiiecee, 59

LS. WEHADTIITY.......eoeicc et te e sreeste e e e sraenne s 59
[1.6. ANtIDACTENIAl ACTIVITY.......eoiiieieiie e 60
[1.7. Endothelial Cell IN VItrO @SSAYS........ccciieiiiiriiiiiii e 60
[1.8. StatiStiCal ANAIYSIS.......ccveeiieeecie et 62
L. RESUIES. ..ottt r et e e e st et e e nae e st e sbeenteeneenneenee e 62
L. IMHCTOSIIUCTUNE. ...ttt bbbttt bbb neenes 63
[11.2. MeChaniCal PrOPEITIES. ........cviiiieie ittt 63
[11.3. COrroSion DENAVIOUL........coviiiiiieiicee e 66
111.3.1. Potentiodynamic polarization teSt...........cceiiieiiiiieiee e 66
[11.3.2. Static IMMEISION tESE......ccueieiiiiieii e 67
111.3.3. Corrosion evolution BY EIS...........ccooiiiiii 70
T4, WELADIIILY ...ttt 72
LS. Antibacterial aCtiVILY...........cooveiiiieiie e e 73
[11.6. Endothelial Cell rESPONSE.......cc.iiiiiiiic e 75
I11.6.1. Indirect coNtact CYtOLOXICILY.......ccveiireieiiiccie et 75
111.6.2. HAOEC viability by direCt CONtACT..........cccoveiiiiiiiiiircee e 75

IV B ot U] (o] o SRS P PR 78
R O o] 1] o3 SRRSO 83
VL RETEIBNCES. ... e b ettt e b b e bt e nb e e nbeenaeenneas 83
Supplementary MALerial.............cooiiiiiiii e 91
Chapter I1. Characterization of Zn-Ag alloys for bioresorbable ureteral stents............c..cccocovervennnee 92
R 101 oo [FTox ([ SRR OPR 99
[1. Materials and MENOUS. ........voiiiieiiee et sraenae s 100
L L. IMIAEEIIAIS. ...ttt sttt nre s erbeas 100



11.2. Microstructural CharaCteriZation ...........oooeeeeie oo 100

[1.3. Mechanical CharaCterization...........coocveiiieiieie s 101
[1.4. COrroSion eValUBLION ..........cciiieiiieie ettt e e nas 101
[1.4.1. Potentiodynamic polarization teSt .............ceueieiieieneienesee e 101
[1.4.2. StatiC IMMEISION TESS.....iiie et 102
1.5, ANtIDACTErTAl ACTIVITY.....civiieie e 102
11.5.1. Agar diffusion Plate teST..........coveiieiiiece e e 103
11.5.2. Bacterial IndireCt CONTACT tEST.........cviiieriiie e s 103
11.5.3. Bacterial direCt CONtACT tESL..........eeiieiiiiic e 103
I1.6. StatiStical @NalYSIS..........eiiueiieii e 104
I, RESUILS <.ttt et e et e et e e s be e s abe e s beesareesaeesnbeenteesnnaeas 104
O Y ol 01 £ (1T (0] SRS 104
[11.2. Mechanical CharaCteriZation.............ccovverueiierieieee e 105
[11.3. Degradation eValUALION............cccccuiiiiiiiie e 106
I11.4. Antibacterial effect via ion diffuSion ..........ccccooviiiiiiiei e 109
I11.5. Antibacterial effect by CONtACL...........cccoiiie i 111
Y I o1 1] [ PO SO PROPRSN 117
BV O [0 1] [0 LSS 121
R =] T =T o0 PSSR 121
Part I1. Modification of Zn-based alloys............ccocooiiiiiii 128
Chapter I11. Implementation of dual-action coatings to control degradation and enhance
endothelialisation 0f ZN allOys..........cc.ooviii i 130
IR 111 (0o [¥Tox £ o] o FOS PO SURPPR 133
I1. Materials and MEthOUS..........c.coviiiiii e 134
1.1, SAMPIE PreParation..........ccviiiiiiiieie e et 134
11.1.1. ZNnMg and ZNAQ SUDSIIALES. .......cceiriiieiiece e 134
11.1.2. Polycaprolactone (PCL) COALING.......cciurririiriiiiieiieie et 134
11.1.3. Solid-phase peptide SYNtNESIS........ccciiiiiiiiiecie e et 135
I1.1.4. Surface functionalisation of the PCL spin-coated samples with peptides............. 136
I1.2. Physico-chemical characterization of PCL coated and functionalized surfaces.......... 137
[1.3. COrroSion EVAlUBLION. ........ccveiiiie et e sseesteeseesreesseeneeeneenes 138
11.4. Endothelial cell adheSioN............ooviiiiiii s e 139
1.5, Statistical @NalYSIS.......ccviiiiiiie e e 139
L RESUIES...ceeeeeee ettt e e st e e s be e sabeesbeessreesaeesbeesreesnreeas 140
I11.1. Physicochemical characterization of PCL coating...........cccocevveiviiiie e 140



I1.1.1. PCL coating thiCKNESS .........coiiiiiieiie e e 140

111.1.2. Adhesion strength of the PCL COALING..........cooiiiiieieieiee e 140
T3, WEHEADTIITY . ...t 141
THL.4. XPS @NAIYSIS. ... bbbt 141
I11.1.5. Surface characterization of RGD, REDV, and RGD-REDV biofunctionalized
U 7 1= SRS 143
[11.2. COrroSion €ValUALION. ........coiuiiiiiieieeie et nne e 143
111.2.1. Potentiodynamic polarization teSt...........cccveviiereiieieece e 143
111.2.2. Electrochemical Impedance SPeCtrOSCOPY .......ccccoiiirmeiieiienenieniesiesieeeeeeee s 144
1.3, In vitro biocompatiDility...........ccoeiiii e 146
Y B o1 1] (o] PSSRSO 148
RV O [0 1] o3 LRSS 151
R =] T =T o0 SRR 152

2AG AHIOY ... R AR Rt 159
IR 111 (0o 3T £ o] o 1O PSPPI 162
I1. Materials and MEthOUS..........cooiiiiiii e 163
[1.1. Materials and ECAP PrOCESSING......cueuerrerreriiriiriirieiesie ettt ss e sne e ens 163
I1.2. Microstructure CharaCterization............cceieeieiiie i 164
11.3. Electron Backscattered Diffraction (EBSD) analysis ........cc.. vooovvierieieieiencnenenen 164
I1.4. High-speed nanoindentation Mapping..........cceveeieiieieeie i 164
I1.5. Mechanical charaCterization..............ccvooviiiiiicie e 165
11.6. Corrosion CharaCteriZation............ccueevuieiieeiiee et seeeneeenns 165
I1.7. Bacterial adn@SION..........cooiiiiiiic st e ereenas 166
[1.8. StAtiSICAl ANATYSIS. ... ...i i eeeees 167
T RESUIES ...ttt e s eesbeestesseeabeebeaaeesreereenee e 167
I1.1. Microstructure CharaCteriZation...........cccveiiueeiieiie e e 167
1.2, EBSD @NAIYSIS......oiiuiiiieeiiece ettt ettt ettt te et be e ee e anas 168
[11.3. High-speed nanoindentation MappPing.........ccccoeeerererineninieeie e 170
[11.4. Mechanical charaCterization............ccvecieiiiiiic e 171
1.5, Corrosion CharaCteriZation............ccveiueeiieiiiec ettt eee e eaees 172
1.6, BaCterial rESPONSE. ......ui ettt e e e aree s 175
Y I T o110 OSSOSO 176
V. CONCIUSIONS. ...ttt ettt e sbeeeas reebeessaeebeesteeeteesaseabeesreeenteens 179
R =] T =] o0t PSPPSR 180



CONCIUAING FEMAIKS......cvieeeece ettt e e e ne e ereesteenee e 186

(Of0] g [o] (11710 ] o L PUT T TRRT 188
FUTUNE PEISPECTIVES. ...ttt b bt 191
OULCOMES OF ThE TESIS. ..o 197



Abstract






Biodegradable metals have emerged as promising materials to fabricate temporary biomedical
devices to avoid the potential side effects of permanent implants. Among them, zinc (Zn) has
increased interest due to its suitable degradation rate between iron (Fe) and magnesium (Mg)
for biomedical applications. However, its low mechanical properties require alloying for
mechanical reinforcement via solid precipitation hardening. Nevertheless, the formation of
secondary phases induces galvanic corrosion and reduces biocompatibility. So far, the
compromise among mechanical strength, corrosion rate, and biological activity of Zn alloys

remains unknown.

This PhD Thesis aims to gain an increased understanding of biodegradable Zn-based alloys for
biomedical applications, with an emphasis on establishing correlations between microstructure,

mechanical properties, degradation behaviour, and in vitro biological response.

Chapter I aim is the characterization of Zn—xMg (x = 0.5, 1 wt. %) and Zn—xCu (x = 3, 5 wt.%)
as potential material candidates for bioresorbable cardiovascular stents. Tensile tests confirmed
that alloying with Mg or Cu increases yield strength (YS), ultimate tensile strength (UTS), and
elongation at fracture. Nanoindentation tests confirmed mechanical reinforcement via solid
precipitation of Zn+Mg2Zn11 and e-CuZns phases for Zn-Mg and Zn-Cu, respectively.
Degradation tests in Hanks’ solution indicated the formation of galvanic pairs between formed
secondary phases and the Zn matrix. Zn—Cu presented antibacterial activity against S.
aureus and P. aeruginosa but cytotoxicity to endothelial cells. All the studied alloys reported
poor biocompatibility, attributed to locally released ions into solution and degrading surfaces.
Thus, coating and functionalisation strategies are needed to be explored. Among all the
samples, Zn-Mg alloys presented the best compromise among mechanical, corrosion, and

biological properties.

Chapter Il characterizes Zn—xAg (x = 2, 4 wt. %) alloys as potential material candidates for
bioresorbable ureteral stents. Tensile tests evidenced the mechanical reinforcement of Zn-Ag
alloys compared with pure Zn, where the higher volume fraction of AgZns in the Zn-4Ag alloy
led to reduced UTS, YS, and higher toughness than Zn-2Ag alloy. Moreover, the galvanic
couple between AgZns and Zn of Zn-4Ag alloy resulted in severe localized corrosion
contraindicated for the proper implant performance. Furthermore, bacterial tests suggested
that S. aureus and E. coli can infiltrate the corrosion pits hampering the antibacterial effect of
Zn-4Ag alloy. In summary, Zn-2Ag presented the best degradation performance and optimal
antibacterial effect.
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Chapter 11l proposes a dual-action coating for Zn-0.5Mg and Zn-2Ag alloys to control
degradation and enhance endothelialisation of cardiovascular stents. First, a polycaprolactone
(PCL) coating was successfully implemented on the alloys via cold plasma polymerization of
e—caprolactone and subsequent PCL spin coating. Secondly, the PCL-coated alloys were
functionalized with the linear RGD (Arg-Gly-Asp) and REDV (Arg-Glu-Asp-Val) peptides
and the RGD-REDV platform, synthesized via solid solution and covalently immobilized via
EDC/NHS chemistry. A homogeneous PCL coating of 800 nm with good adhesion strength
provided adequate corrosion resistance to both alloys. Functionalised samples showed an
increased number and spread of endothelial cells. Moreover, the increasing number of attached
cells on samples functionalized with the RGD-REDV platform demonstrated the synergistic
effect of RGD and REDV peptides.

Chapter IV explores the effect of equal channel angular pressing (ECAP) on the mechanical
properties, corrosion behaviour, and bacterial response of Zn-2Ag alloy. To this end, two
ECAP cycles (route Bc; R.T.) were performed on Zn—2Ag alloy. Ultrafine-grained structure
and randomly distributed texture were obtained after ECAP, with no evident AgZns breaking
or distribution. Nanoindentation mapping indicated mechanical isotropy, and corrosion studies
in brain heart infusion (BHI) media suggested a more uniform degradation after ECAP. The
pressed sample presents exceptional antibacterial activity against S. aureus, attributed to the
reduction of corrosion pits and distribution of Ag through the matrix. Overall, the ECAP
process exhibited a potential technique for homogenizing the mechanical and corrosion

properties of Zn—Ag alloys with excellent antibacterial properties.

In summary, this PhD Thesis contributes to increasing our knowledge of the relations between
microstructure, mechanical properties, degradation rate, and biological response of studied Zn
alloys. Moreover, it provides relevant clues to select the proper Zn-based formulation together
with the coating and plastic deformation strategies to overcome the intrinsic galvanic corrosion
of Zn alloys for different biomedical applications.
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Outline of the Thesis

This PhD Thesis investigates the potential use of Zn-based materials for biomedical implants,
focused on the compromise among mechanical performance, degradation behaviour, and
biocompatibility. The applications considered are bioresorbable cardiovascular stents and
antibacterial applications in implantology. To this end, the manuscript is divided into different

sections, as indicated in Fig. 1.

The Introduction reviews the current status of bioresorbable metallic implants, including
biomedical applications of biodegradable metals and microstructural and surface
modifications. A thorough description of the corrosion mechanisms, the existing bioresorbable
metals, and the techniques to control degradation and promote biointegration are included.
Specifically, this section focuses on the prospect of Zn alloys as bioresorbable implants and
the possible approaches to managing the galvanic corrosion problems of Zn-based alloys
through surface coatings or metal forming processing. Finally, potential biomedical
applications of biodegradable materials, such as cardiovascular and antibacterial applications

(i.e., ureteral stents or wound closure devices), are presented.

The results and main findings of the Thesis are divided into two main domains: Part | explores
different binary Zn alloys for stenting applications, and Part Il proposes two strategies for

overcoming the galvanic corrosion of Zn alloys.

Concerning Part I, Chapter | characterizes Zn-Mg and Zn-Cu alloys as potential candidates
for bioresorbable cardiovascular stents. At the same time, Chapter 11 focuses on Zn-Ag alloys
for bioresorbable ureteral stents. The results demonstrated the direct correlation between the
percentage of alloying content in the alloy formulation and the final mechanical properties and
galvanic corrosion mechanisms. Moreover, the resulting fast surface degradation avoids in

vitro cell adhesion and increased bacterial attachment to the degradation products.

Therefore, Part 11 demonstrates different structural and surface strategies to overcome galvanic
corrosion and control the degradation rate. Thus, Chapter I11 introduces a dual-action coating
consisting of a PCL layer that protects the metal from early degradation and functionalization
with RGD, REDV, and RGD-REDV platform peptides to promote endothelial adhesion. On
the other hand, Chapter IV presents ECAP as a potential processing route to homogenize the
mechanical and degradation properties of Zn-Ag alloys, meanwhile improving their bacterial

activity.



Outline of the Thesis

The Concluding remarks summarize the principal results of each chapter and relate their
conclusions to discuss future perspectives on the field. Finally, the Outcomes of the Thesis

are included.
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Introduction

I. Bioresorbable implants

Significant advances in medicine, materials science, and engineering have enabled the
possibility of developing and introducing biosynthetic materials into the human body. The
global implant market exceeds €100.000 million, and it is expected to increase an 8.6 % by
2023 [1].

Implants have traditionally been subjected to strict requirements of non-reactiveness. However,
this inertia condition has drawbacks in specific applications, i.e., removal of screws, pins, or
sutures for bone fixation, late-stent thrombosis of cardiovascular stents, or implants for
paediatric applications in which the inert implant cannot adapt to the patient growing [2]. In
the 1980s, a new generation of bioresorbable implants arose to overcome the previous
drawbacks. The idea was to have a non-permanent implant that degrades after the tissue healing
and to take advantage of the interactions between the implanted material and the surrounding
tissue in which the released material could stimulate tissue recovering [3]. Table 1 summarizes

the key differences between permanent and bioresorbable implants.

Table 1. Main characteristics of permanent and bioresorbable implants.

Permanent implants Bioresorbable implants

Degraded with time, and should match the
tissue recovery process

The released material should be accepted
by the host locally and all over the body

Mechanical properties Stable over time

Release of material Unwanted, try to avoid

Interaction with

. Bioinert Bioactive
surroundings

The degradation condition of the bioresorbable materials changes the traditional understanding
of implants. Wound healing is a dynamic process in which different stages occur until the
complete recovery of the tissue. Therefore, the biological needs may vary over time. On the
other hand, the properties of a bioresorbable material will fluctuate within its degradation.
Thus, an ideal biodegradable implant should be able to fit all the necessities demanded by the

surrounding tissue until its total remodelling and disappear after accomplishing its function.

II. Current state of the bioresorbable implants market

The global bioresorbable implants market is predicted to grow at a CAGR (compound annual
growth rate) of 10.5 % from 2022 to 2030 [4]. This growth would happen due to the increasing

demand for minimally invasive surgeries, the rising incidence of chronic diseases such as heart
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disease or stroke, and the technological advancements in bioresorbable implant investigations.
Several ceramics, polymers, and metals work as bioresorbable materials in different biomedical
applications. Table 2 lists some examples of the bioresorbable materials now used in the
biomedical market.

Table 2. Bioresorbable materials currently used in the biomedical market and their function in the
intended biomedical application.

Bioresorbable material Biomedical application

Fill small bone defects after bone tumor resection or after a

Hydroxyapatite (HA) bone loss in fresh fractures [5]

B-tricalcium phosphate (B-TCP) Bone void fillers in orthopedic and dental applications [6]

Filling bone defects alone or combined with autografts and

Bio-glass allografts [7,8]

Resorbable sutures (Dexon™, American Cyanamid Co),

Poly(glycolic acid) (PGA) scaffolds in tissue engineering [9]

Suture materials (Vicryl™, Ethicon Inc), drug delivery

Poly(lactic acid) (PLA) systems [10]

Resorbable stent (Magmaris™, Biotronik), bone screw

Mg alloys (MAGNEZIX™, Syntelix), bone flaps [11].

The ceramic-based materials are mainly based on calcium phosphate derivates and they are
successfully used in bone-related applications due to their ability to mimic the natural bone
tissue [5-8]. The use of bioresorbable polymers such as poly(glycolic acid) (PGA), poly(lactic
acid) (PLA), and their copolymers is limited to soft tissue and non-load-bearing applications
due to their limited mechanical properties. However, their good biocompatibility and
exceptional tuneability allow them to be used as wound closure devices, protecting coatings,
or drug-delivery systems [9,12,13]. Finally, the current metallic bioresorbable implants are Mg-
based and used in cardiovascular or orthopaedic applications due to their superior mechanical

strength and ductility compared with their polymeric or ceramic counterparts [14].

III. Potential applications of bioresorbable metals

Bioresorbable metals would be indicated for load-bearing applications in which the
bioresorbable ceramics or polymers are limited due to their fragility or insufficient mechanical
strength, including cardiovascular or ureteral stents, screws for bone fixation, or metallic

scaffolds for bone tissue regeneration [14-18].
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II1.1. Bioresorbable cardiovascular stents

According to the World Health Organization (WHO), the two principal leading causes of death
in 2019 are ischaemic heart disease and stroke, associated with cardiovascular diseases and
gathering 27 % of global deaths [19]. Atherosclerosis is the dominant cause of cardiovascular
diseases. Atherosclerosis is an immunoinflammatory condition elicited by the deposition of
lipids in the artery wall. This accumulation can lead to an atherosclerotic plaque reducing the
blood flow within the vessel. The resulting narrowing of the artery is known as stenosis and

might culminate in myocardial infarction and stroke [20].

The current treatment for atherosclerosis consists of an angioplasty followed by the insertion
of a stent. Fig. 1 summarizes the angioplasty intervention and the implantation of the stent.
First, the stent is crimped onto a balloon-tipped catheter and driven through the artery until the
obstructed area (Fig. 1a). Secondly, the balloon is inflated, and the atherosclerotic plaque gets
compressed, restoring the natural blood flow (Fig. 1b). Finally, the catheter and the balloon are

removed, and the expanded stent remains in the artery to prevent the vessel recoil (Fig. 1c).

A B G

Plaque
compresse

Catheter

Fig. 1. Angioplasty with stent implantation. (A) Introduction of the balloon and the stent. (B) Inflation
of the balloon, expansion of the stent, and compression of the atherosclerotic plaque. (C) The stent
remains expanded after the removal of the balloon. Adapted from [21].

The first generation of bare metal stents (BMS) was made of SS, cobalt-chromium (CoCr)
alloys, or nitinol and provided the required radial support to the artery. Nevertheless, the stent
implantation is highly aggressive and damages the inner endothelial monolayer, stimulating
the proliferation and migration of the smooth muscle cells (SMCs) to the lumen. Thus, six
months after implantation, intra-stent restenosis (ISR) occurred in 20 — 30% of the cases.
Antiproliferative drugs, such as everolimus or paclitaxel, were implemented in the drug-eluting
stents (DES) to reduce ISR [22]. However, their non-specificity also inhibited the proliferation

of endothelial cells (ECs), delaying the re-endothelialisation. A healthy endothelium inhibits

9



Introduction

stenosis and thrombosis; thus, without its recovery, the long-term exposure of the stent to the
blood flow led to late stent thrombosis (LST), subjecting patients to antiplatelet therapies for
several years after the intervention [23,24]. A new generation of bioresorbable stents (BRS)

arose to overcome the long-term drawbacks of conventional inert stents.

BRS should be expandable, prevent vessel recoil, induce re-endothelialisation, and avoid
thrombosis. A yield strength (YS) of 200 MPa is desirable for the stent crimping and expansion
and would avoid vessel recoil [25]. Ultimate tensile strength (UTS) higher than 300 MPa and
elongation at fracture of 15 — 18 % enhance the fatigue resistance and the stent fracture

toughness [26].

As indicated in Fig. 2, an ideal BRS should maintain its mechanical integrity during the first
six months after its implantation and degrade completely after one year. Therefore, the optimal

degradation rate value is established as 0.020 mm/yr [25].

Degradation

Mechanical integrity
7/ >
4 months 8 months 2 years

Inflammation: platelet deposition and infiltration of inflammatory cells which lasts
for several days.

Granulation: endothelial cells migrate to cover the injured Surface, and smooth
muscle cell modulate and proliferate lasting for 1-2 weeks.

Remodelling: extracellular matrix deposition and remodelling continues for
months. This phase is variable in duration but largely complete at 90-120 days.

Fig. 2. Expected variation on the mechanical integrity and degradation of an ideal BRS through the
vascular healing process. Adapted from [3].

Commercial biodegradable polymeric stents based on a poly(I-lactic acid) (PLLA) scaffold,
such as Absorb® stent (Abbott Vascular), received CE approval. Nevertheless, the insufficient
mechanical strength of PLLA (UTS: 60-70 MPa; elongation: 2-6 %) requires twice the strut
thickness than current metallic stents [2]. Having thicker struts can result in more flow
disturbance, potentially increasing the incidence of acute thrombotic events. Moreover, the lack
of radiopacity complicates angioplasty [27]. Biotronik launched the AMS stent, which
consisted of a Mg-based scaffold. Following generations of Biotronik stents, DREAMS and

DREAMS-2G (Magmaris®) include polymeric coatings and antiproliferative drugs [28]. Mg
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is reported to have three times higher radial strength than PLLA hence allowing the Magmaris®
stent to have thinner struts than the Absorb® [29], reducing the risk of late thrombotic events
[28].

I11.2. Bioresorbable antibacterial implants

In the last years, the scientific community has been communicating the severe complications
of the misuse or abuse of antibiotics. The overuse of antibiotics caused 4.95 million deaths in
2019 [30]. The six leading pathogens with 1.27 million deaths were: Escherichia coli (E. coli),
Staphylococcus aureus (S. aureus), K pneumoniae, S pneumoniae, Acinetobacter baumannii,

and Pseudomonas aeruginosa (P. aeruginosa), by order of the number of deaths [30].

Surgical site infections (SSI) are the most common infections worldwide among hospitalized
patients, occurring in 2 — 20 % of the surgeries [31]. SSls are handled with antibiotics and
surgical interventions depending on the underlying pathology. Despite their biocompatibility,
the widespread use of biomaterials as implants is threatened by the risk of associated infections
and the drug resistance developed by bacteria [30]. Fig. 3 illustrates the general steps of the
bacterial infection of an implant. The window of opportunity for fighting the infection is

previous to the biofilm formation. Therefore, the ideal implant should exert its antibacterial

4
Dispersion/ %

effect at the first stages of bacterial adhesion.

: 3 Maturation

Proliferation Slime

1&dhesion
- N &

Irreversible
attachment

Reversible attachment

Fig. 3. Schematic representation of the bacterial colonization of an implant starting from individual
bacterial adhesion across expansion towards the formation and maturation of biofilm. Adapted from
[32].

Fig. 4 shows the different antibacterial strategies currently used in implantology to fight
bacterial colonization [33]. Biodegradable metals form a natural passivation layer when
immersed in a physiological media [34]. The dynamism of their surface is thought to avoid
bacterial adhesion by providing a non-stable surface to which bacteria could barely attach [35].
Besides, the oxidation and reduction reactions involved in the degradation release metallic ions
into the medium [36].
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Fig. 4. Schematic illustration of the antibacterial strategies of biomaterials. 1. Antiadhesive surfaces use
different topographies and coatings to avoid bacterial adhesion. 2. Adhered bacteria are killed when
entering in contact with the biomaterial surface (e.g. biofunctionalization of surfaces, photoinduced
coatings). 3. The biomaterial is loaded with antibacterial agents as ions or drugs. 4. The intrinsic
composition of the material provides the implant with antibacterial properties. Adapted from [33].

It has been demonstrated that metallic ions can exert an antibacterial effect by disrupting
bacterial membranes and affecting their essential functions [37,38]. Moreover, these
antibacterial agents introduced as alloying elements in the biomaterial would confer intrinsic
antibacterial properties to the implant [39]. Therefore, bioresorbable metallic implants might
exert an efficient antibacterial effect based on contact killing, release killing, and acting as

intrinsic antibacterial materials.

Bioresorbable metals would be potential candidates for ureteral stents or wound closure devices
by combining superior mechanical properties, continuous degradation, and antibacterial

potential.

II1.2.1.Bioresorbable ureteral stents
Ureteral stents are implanted to restore the natural urine flow after total or partial obstruction
of the urinary system. As indicated in Fig. 5a, the stent starts at the kidney and drains the urine
into the bladder [40]. As in cardiovascular stents, the stent should provide adequate radial
strength to reopen the ureter [41]. Besides, the formability of the initial material should be high
enough to manufacture the double J shape (Fig. 5b), designed to avoid the migration of the
stent [42]. Other common complications are urinary tract infections (UTIs), encrustations, or
stone formation [35], gathering 80 % of the patients. Encrustations occur due to the
accumulation of mineral deposits onto the stent surface, which might further lead to stone
formation [43]. Besides, the irregularities of the surface after the salty precipitation can be used
as anchor points by bacteria, increasing the risk of infections [44]. Bioresorbable ureteral stents

would diminish minerals precipitation, bacterial colonization and stone formation.
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Fig. 5. (a) Schematic representation of the stent colocation in the urinary system. (b) Double J shape of
Polaris™ Ultra (Boston Scientific, USA).

Polymeric stents are made from polyurethane or derivates, as the Bardex™ (BD, USA) or the
Polaris™ Ultra (Boston Scientific, USA), due to their flexibility and easy handling. However,
they failure, in the 58 % of the cases, is due to their low mechanical strength [35]. Their metallic
counterparts are based on nitinol (Memokath® 051, PNN© medical) or CoCr (Resonance®,
Cook® Medical). Both polymeric and metallic stents present encrustation and bacterial risks.

Thus, bioresorbable metals with antibacterial properties may be an appropriate alternative.

I11.2.2.Wound closure devices
Wound closure devices are designed to approximate the wound edges until healing. The
selected device should distribute the strain along the injury for proper tissue recovery, where
excessive tension might lead to inflammation and necrosis [45]. Table 3 classifies the current

bioresorbable and inert materials used for staples and sutures.

Table 3. Current bioresorbable and inert materials used for wound closure devices [49].

) Device material
Wound closure device -
Bioresorbable Inert
Staples Copolymer of PLA and PGA Ti, SS
« Natural: catgut, collagen * Natural: silk, cotton, SS
» Synthetic: PGA, polyglactin, e Synthetic: nylon, Dacron,
Sutures polydioxanone, polytrimethylene polyester, polypropylene,
carbonate, poliglecaprone, poly- polybutester, polyethylene
4-hydroxybutyrate

Polymeric materials are widely used in wound closure devices due to their intrinsic elasticity
and biocompatibility [46] but they are contraindicated for load-bearing applications such as

gastrointestinal anastomosis, due to their lower strength [47]. In this regard, inert staples made
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from Titanium (Ti) or stainless steel (SS) provide higher tension, but must be removed after
the wound closure [48]. Bioresorbable and inert sutures are polymer-based and need
multifilament and braided structures to reach the minimum tension to fulfil the suture
requirements [13,50]. These complex configurations are prone to bacterial infection due to the
easier bacterial adhesion on larger surfaces and the ability of bacteria to infiltrate the filaments'
interstices which leukocytes cannot access [51]. For this reason, current polymeric sutures such
as Dexon® (Covidien) and Vicryl® (Ethicon, Inc.) are usually loaded with antibiotics such as
triclosan or gentamicin [52].

Here, the superior mechanical strength of bioresorbable metals would allow designing less-
complex structures, diminishing the risks of bacterial colonization [47].

I11.3. General remarks on bioresorbable implants

There are several biomedical applications in which the implant is unnecessary after tissue
healing, and its further presence triggers serious complications such as late-stent thrombosis,
encrustations, or bacterial infections. In this regard, bioresorbable metals for stents or wound
closure devices may open a new opportunity to overcome the shortcomings associated with
inert implants. However, their biodegradation must be carefully considered since it might

compromise biocompatibility.

IV. Bioresorbable metals for biomedical applications

The biodegradable metals considered for biomedical applications, are iron (Fe), magnesium
(Mg), zinc (Zn), and molybdenum (Mo), in order of emergence.

Zheng et al [3] postulated that the definition of a biodegradable metal can be given as follows:
‘Biodegradable metals are metals expected to corrode gradually in vivo, with an appropriate
host response elicited by released corrosion products, then dissolve completely upon fulfilling
the mission to assist with tissue healing with no implant residues. Therefore, the major
component of biodegradable metals should be essential metallic elements that can be
metabolized by the human body, and demonstrate appropriate degradation rates and modes in

the human body’.

In other words, an ideal biodegradable metal perfectly fulfils three main aspects: (1) enhanced
mechanical properties, (2) adequate degradation rate, and (3) excellent biocompatibility (Fig.

6). Thus, the implant should (1) provide the needed support for the tissue recovering; (2)
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completely degrade after the total wound healing; and (3) the material along with the
degradation products should be metabolized or excreted by the human body. The specific
criteria for the mechanical properties, the degradation behaviour, or the biological response
depend on the final purpose of the material. Regardless of the application, an optimal

compromise among the three properties must be accomplished.
_ ' TR
) p/‘\»

Fig. 6. Scheme of the main three aspects a bioresorbable implant must accomplish.
IV.1. Biodegradation mechanism

Metal biodegradation occurs through reactions in which the corrosion or oxidation of the metal
(anodic reaction) reduces the water or oxygen from the physiological solution (cathodic
reaction). Equations 1-4 summarize the main corrosion reactions expected for a model metal,
M (s) [3]:

M (s) > M™ + ne" (anodic reaction) Q)
2H20 (1) + 2" = H2(g) + 20H" (cathodic reaction) (2)
2H,0 (I) + O2(g) + 4e" > 40H" (cathodic reaction) (3)
M"™ + nOH" = M(OH)x (s) (by-product formation) 4)

The anodic reaction corresponding to the oxidation of Fe, Mg, and Zn is described in Eq. 1.
The specific reduction potentials for the previous metals are: E° (Fe?*/Fe) = —-0.41 V, E°
(Mg?*/Mg) =-2.38 V, and E° (Zn?*/Zn) = -0.76 V. The reduction potential for H,O (I) and O
(g) reduction are 0.00 V and 1.23 V, respectively. According to thermodynamics, the produced
electrons reduce the dissolved oxygen to OH™ (Eq. 3 for Fe and Zn); or the water to Hz (g) (Eq.
2 for Mg). Both cathodic reactions are associated to the produced hydroxyl ions favouring the
increase of the pH and the precipitation of the corresponding metallic hydroxides (Eq. 4).

15



Introduction

This simplified description is far from the conditions expected in physiological fluids, where
the presence of inorganic and organic ions and molecules will affect the previously described
reactions. The typical composition of such media indicates the presence of inorganic anions
such as HCOg, CI, HPO,*; cationic species like Ca?*, K*, and Na*; organic molecules
including glucose, free fatty acids, amino acids and other compounds such as ammonia or urea.
The interaction with the inorganic anions is expected to be relevant due to their complexing
properties resulting with oxidized forms of the metal and then, participating in the formation
of the mineral phases such as metal carbonates, chlorides, or phosphates, which may precipitate

due to the local alkalinisation of the media.

The degradation of the metals occurs through the continuous formation and breaking of a
corrosion layer. Fig. 7 illustrates the degradation process of biodegradable metal in a

physiological environment.

a b § c §
M — Mn*
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molecules % Ca2+, PO43' %

Fig. 7. Schematic diagram of the biodegradation at the metal-medium interface. (a) Dissolution of the
metal and adsorption of organic molecules onto the metallic surface. (b) Formation of a passivation
layer by the precipitation of salts. Breaking of the layer by the chloride anions. (c) Repassivation of the
surface and deposition of Ca/P mineral phases. Adapted from [3].

Immediately after contacting the medium, the metal is oxidized, and the organic molecules
from the media adsorb onto the metallic surface (Fig. 7a). Afterwards, the metal hydroxides,
carbonates, phosphates, or chlorides precipitate over the metallic surface, passivating the metal.
Subsequently, the aggressive chloride anions breakdown the passivation layer leading to pitting
corrosion (Fig. 7b). As the degradation proceeds, Ca/P based mineral phases (e.g.,
hydroxyapatite, apatite, calcium phosphate) could be deposited onto the surface due to the
localized alkalization and the saturation of calcium and phosphate in the body fluid (Fig. 7c).
Cells might also adhere to the surface and proliferate to form tissues adjacent to the corrosion

layer. Besides, irregular particles could detach from the surface into surrounding media [3].

16



Introduction

IV.2. Evaluation of bioresorbable metallic implants

Cytotoxicity of biomedical devices is evaluated following Part 5 and Part 12 of 1SO 10993
[53,54]. This evaluation must strictly adapt to the standard in which the conditioned medium
is analysed after 72 h of immersion with the testing biomaterial [53,54]. In this regard, inert
metals may present a slight ion release during the test, and it is compulsory to ensure the
biosafety of the possible toxic ions. Likewise, it is required to control the cytotoxicity of inert
materials loaded with metallic ions or nanoparticles. On the other hand, bioresorbable polymers
such as PLA or PGA degrade by hydrolysis in a maximum period of 2 years [55]. Resulting
acidification and autocatalysis accelerate degradation, which is negligible at the first stages of
immersion [56]. Thus, polymers preserve their stability at short immersion periods as in the
accorded for cytotoxic evaluation, without free polymeric chains released into the surrounding

media.

As explained in Section 1V.1, bioresorbable metals immediately react with the physiological
media forming a passivation layer and releasing ions and by-products to the surroundings.
Moreover, the direct influence of the selected solution on their degradation has been reported
numerous times [57-59]. For instance, simulated body fluid (SBF) seems to be the adequate
medium for in vitro biodegradation of Mg [60,61], and the presence of proteins in SBF, such
as albumin, significantly affects corrosion [62]. On the other hand, the biocompatibility of
bioresorbable metallic implants has been demonstrated. Several in vivo tests on Mg-based
implants have confirmed their biocompatibility and biosafety [63—66]. In vivo studies on Zn-
based materials have also been reported showing no tissue inflammation and proper integration
of the tested implants [67,68]. However, the current ISO 10993 standard for evaluating in vitro
cytotoxicity was designed without allowance of released ions from the implant through the
body, as is the case with biodegradable metals. Therefore, the bioresorbable metals are
subjected to high-quality standards of non-reactiveness that do not suit them, producing huge

discrepancies between the in vitro and the in vivo performance of the implants.

Wang et al. suggested modifying the current ISO standards since the in vitro results do not
correlate with in vivo outcomes for biodegradable metals [69]. The inconsistencies between in
vivo and in vitro performance demonstrate the need for further understanding to obtain
physiological relevant results from in vitro measurements [70]. In this regard, Working Group

13 within I1ISO TC 150 is designing new standards for bioresorbable metals. Meanwhile, the
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characterization of biodegradable metals must follow conventional standards used for inert

materials until the specific regulations are approved.

Apart from biocompatibility, mechanical strength and corrosion rate are usually evaluated as
follows. The mechanical properties of the bioresorbable metals are assessed by tensile tests
(ASTM E8/EBM [71]) and Vickers hardness measurements. The corrosion rate is calculated
from potentiodynamic polarization (PDP) tests (ASTM G5-14 [72]) and static immersion tests
(ASTM G31-72 [73]) in physiological conditions. Table 4 reviews the values obtained for the
UTS, YS, elongation at fracture, elastic modulus, and corrosion rate of current bioresorbable

metallic materials for biomedical applications.

Table 4. Key properties of potential bioresorbable metals for biomedical applications [3,74,75].

Tested property Fe alloys Mg alloys Zn alloys Mo
UTS (MPa) 200 — 1550 86 — 550 150 — 386 620 — 868
YS (MPa) 150 - 1100 20 - 247 <150 - 296 515-673
Elongation (%) 0.5-48 2-30 1-205 35
Elastic modulus (GPa) 54 - 210 41 - 45 94 -110 324
Corrosion rate (mm/year) 0.001-1.86 <0.23-10 0.02-0.1 0.006 —0.013

The following sections critically review the state of the art of mechanical, corrosion, and

biological properties of bioresorbable metals.
IV.3. Iron (Fe)

As a constituent of haemoglobin, myoglobin, and enzymes, Fe is an essential trace element for
the human body. The recommended dietary allowance (RDA) is approximately 20 mg/day for
adults (gender-specific). Fe plays a fundamental role in haemoglobin synthesis, oxidation-
reduction reactions, and cellular proliferation. The excessive accumulation of Fe ions induces

organ dysfunction by producing reactive oxygen species (ROS) [76].

Fe was selected as a potential biodegradable material for stents due to its suitable mechanical
properties, close to those of SS 316L. Armco® launched the first Fe stent (Fe > 99.8%) in 2011
and implanted it in descending aorta of New Zealand white rabbits. The stent successfully
maintained its integrity without significant changes in its mechanical properties during the first
six months, but its overall degradation was too slow. Alloying, thermodynamic treatment, or
microstructure modification are the principal strategies to accelerate the degradation rate of Fe
[26]. Other in vivo approaches also evidenced the heterogeneous degradation behaviour of Fe
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and the presence of pitting at its surface. Moreover, the corrosion products accumulated over
nine months and were retained in the arterial wall as voluminous flakes that threatened their
integrity [77]. In the end, no Fe-based biodegradable implant has received any CE mark or
FDA approval.

IV.4. Magnesium (Mg)

As a coenzyme, Mg participates in more than 300 enzymatic reactions. The RDA for Mg is
about 500 mg/day [27]. The elastic modulus is closer to the natural bone, reducing stress
shielding [17]. Its degradation promotes osteosynthesis and osseointegration [78].
MAGNEZIX® (Syntellix AG, Germany) implant is a Mg-based screw that received CE
approval. Besides, its high UTS and YS values reach the criteria to be used as cardiovascular
stents (Table 4). Magmaris® stent (BIOTRONIK, Germany) received CE approval and has
passed clinical trials [79]. It consists of a Mg-based scaffold with a PLA coating loaded with
everolimus. However, its early degradation reduces the radial strength of the stent after a short
period of implantation. and results in the total dissolution of the implant in the third month of
implantation. Besides, the release of hydrogen gas resulted from its degradation may cause
cytotoxicity and implant rejection [80]. Therefore, the control of its degradation together with
its mechanical properties with time is under extensive research. Different alloying strategies
and surface treatments have been tested to slow down its degradation rate and reduce hydrogen
production [81-84].

IV.5. Zinc (Zn)

Zn is an essential trace element in the human body. It interacts with more than 300 enzymes
and proteins. The RDA for Zn is 11 mg/day for men and 8 mg/day for women. Lower Zn intake
is recommended for infants (2-3 mg/day) and children (5-9 mg/day), and the lethal median
dose (LDso) is 27 mg/day [85].

In 2011, Vojtech et al. suggested Zn as a potential bioresorbable material for bone fixation with
a suitable degradation rate between Fe and Mg [86]. Afterward, Bowen et al. [87] performed
the first in vivo assay, in which pure Zn wires were implanted in the abdominal aorta of
Sprague-Dawley rats for 1.5, 3, 4.5, and 6 months. Zn wires remained mechanically stable for
four months, and homogeneously degraded after. The compact corrosion layer of ZnO(s),
ZnCOs3(s) and Ca/P were similar to the observed for Mg, with no tissue necrosis or repulsion
adjacent to the implant. Yang et al. [88] implanted pure Zn stents in the rabbit abdominal aorta

up to 12 months. The presence of neointimal coverage in the first month after implantation

19



Introduction

indicated rapid endothelialization. No neointimal hyperplasia or platelet adhesion was reported
throughout the experiment. Drelich et al. [89] implanted Zn wires in the murine artery for 20
months, observing no thrombotic events or obstructions. It was reported the presence of a thick
corrosion layer and encapsulation of the implants, which may be beneficial to the biointegration

of the stents.

Nevertheless, the lower mechanical properties of Zn require strengthening strategies to
accomplish the requirements of the final biomedical application. Different fabrication methods
and thermomechanical treatments have been investigated to enhance the mechanical
performance of Zn alloys [90]. A review of the alloying elements introduced for Zn

strengthening is provided in Section V.
IV.6. Molybdenum (Mo)

In 2020, Redlich et al. [75] presented Mo as a novel biodegradable metal with superior strength
and good formability. The reported corrosion rates are 0.006 — 0.013 mm/year between Fe and
Zn (Table 4). Later, they reported good in vitro performance when testing with ECs and SMCs
without cell apoptosis or tissue necrosis. Moreover, no activation of thrombocytes was reported
indicating a low thrombogenicity [91]. Thus, the first results are promising but further

investigation is needed to support Mo as a candidate for biomedical applications.

IV.7. General remarks on bioresorbable metals

Bioresorbable metals react when entering into contact with a physiological medium, releasing
ions, degradation by-products, and quickly changing the local pH. Thus, their degradation
usually does not accomplish the strict non-reactiveness standards currently mandatory for
medical devices. Nevertheless, the scientific community is making outstanding efforts to
design new standards and to demonstrate their biosafety. In this regard, Mg is the leading metal,
with Mg-based implants passing clinical trials. Even though Fe perfectly accomplishes the
mechanical requirements for implants, its degradation might be inadequate for biomedical
applications. In the last years, Zn and its alloys have been attracting increasing interest due to
their suitable corrosion rate, and Mo has been presented as a potential candidate for

bioresorbable implants.
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V. Zn alloys

Bioresorbable implants should have adequate degradation behaviour, biocompatibility, and
mechanical performance. Despite fulfilling the degradation and biocompatibility criteria, the
mechanical properties of pure Zn are insufficient for biomedical applications. Alloying Zn is a
good strategy for mechanical reinforcement via solid solution hardening or precipitation
hardening [90]. Nevertheless, alloying can also have detrimental effects on its biocompatibility.
Therefore, body essential elements or body essential trace elements must be selected as the first
option. Other elements that are not essential to the body must be carefully included in the
composition, limiting the alloying to low concentrations to ensure the biosafety of the implant.
Table 5 lists some Zn alloying elements and their general effect on the mechanical and
corrosion properties.

Table 5. Summary of the effect of the most common alloying elements on the mechanical and corrosion
properties of Zn. [3,85,92,93].

Element Blood serum level (mg/L) Effect on Zn
ESSENTIAL ELEMENT
Mg 17.7-25.8 1 mechanical properties; 1 corrosion rate [94]
Ca 36.8-39.8 1 mechanical properties; 1 corrosion rate [94]
Fe 5000-17600 1 corrosion rate by galvanic corrosion mechanism [95]
ESSENTIAL TRACE ELEMENT
Zn 0.8-1.14 -
Cu 4.51-8.32 1 mechanical properties; 1 corrosion rate [96,97]
Mn <0.0008 1 susceptibility of galvanic micro-cell corrosion [98]
OTHER ELEMENTS
Sr 0.17 mg (total concentration) 1 mechanical properties; Tcorrosion rate [94]
Li 0.002-0.004 1 UTS, | ductility; | corrosion rate [99]
Al 0.0021-0.0048 1 mechanical properties; 1 corrosion rates [100]

As it is logical, the main effort of strengthening Zn has been performed by alloying it with Fe
or Mg due to its biodegradability. The Zn-Mg alloys have been widely considered for
cardiovascular and orthopaedic applications, whereas Zn-Fe alloys are degraded by extensive
galvanic corrosion [101]. Since they are assumed to stimulate bone regeneration, calcium (Ca)
and strontium (Sr) have been considered alloying elements for orthopaedics [102]. Lithium (Li)
and aluminium (Al) enhance the mechanical properties of Zn, but their potential toxicity limits

the alloying to low-weight percent alloys [99,100].
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V.1. Zn-Mg alloy system

According to the Zn-Mg phase diagram in Fig. 8, the solid solubility of Mg in Zn is around
0.15 wt.% at the eutectic temperature (364 °C). Thus, a low concentration of Mg alloying
produces the precipitation of the Zn+Mg.Zn11 secondary phase along the grain boundaries of
the primary a-Zn grains [103]. The Zn+Mg2Zn11 provides a hardening effect through dispersion
strengthening [104]. However, the eutectic phase decreases the Zn ductility and then, it is

suggested to work in Zn-Mg alloys with a content under 1.2 wt.% of Mg [105].
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Fig. 8. Zn-Mg equilibrium phase diagram [106].

Mostaed et al. [107] evaluated Zn-xMg (x = 0.15, 0.5, 1 wt.%) for cardiovascular stents. As
indicated in Table 6, Zn-Mg alloys exhibited enhanced YS and UTS compared with the
unalloyed Zn, reducing elongation at fracture values. Besides, the corrosion potential and the
current density changed from —0.99 mV and 8.98 pA/cm? of pure Zn to —1.05 mV and 11.32
nA/cm?of Zn-1Mg alloy, suggesting that higher Mg content led to a lower corrosion resistance.

Kubasek et al. [109] characterized Zn-xMg alloys (x = 0.8, 1.6 wt.% Mg) for bone fixation,
obtaining similar results where the increase of UTS and Y'S occurred in parallel with a decrease
in elongation. Moreover, both studies reported higher corrosion rate values for Zn-Mg alloys
compared with the unalloyed Zn, attributed to the formation of galvanic pairs between the Zn
matrix and the Zn+Mg.Zn11 eutectic phase and the consequent activation of galvanic corrosion

mechanisms in the sample.
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Table 6. Mechanical properties of Zn-Mg [107], Zn-Cu [97], and Zn-Ag [108] alloys.

Sample YS (MPa) UTS (MPa) Elongation (%)
Zn-Mg system
Zn 51+ 3.8 111 +45 60+5.9
Zn-0.15Mg 114+£7.7 250+£9.2 22+40
Zn-0.5 159+ 8.5 297 £6.5 13+0.9
Zn-1Mg 180+£7.3 340 £ 15.6 6+1.1
Zn-Cu system
Zn 45+ 35 61 + 3.7 3.8+0.38
Zn-1Cu 148.7+£0.5 186.3+ 0.5 21.0+x44
Zn-2Cu 199.7+£4.2 240014 46.8+14
Zn-3Cu 213.7+£1.2 257.0+£0.8 47.2+1.0
Zn-4Cu 227.0+£5.0 270.7+£05 50.6 + 2.8
Zn-Ag system
Zn 55 111 63
Zn-2.5Ag 147 203 35
Zn-5Ag 208 250 37
Zn-7Ag 236 287 32

Finally, the maximum safe Zn?* concentration for non-toxicity of bone osteosarcoma epithelial
cells (U-2 OS) and L929 fibroblast cells was 120 uM and 80 puM, respectively [109]. Therefore,
the ideal alloying wt.% of Mg would enhance mechanical strength while preserving adequate
ductility and controlling corrosion rate to avoid abrupt Zn?* release.

V.2. Zn-Cu alloy system

Copper (Cu) is an essential trace element that stimulates angiogenesis and endothelialisation
[110-112]. Moreover, the antibacterial activity of Cu?* cation might reduce the risk of infection
during and after a surgical infection [113,114]. Thus far, only a few studies about Zn-Cu as a

bioresorbable biomaterial have been published.

Tang et al. [97] investigated Zn-xCu (x = 1, 2, 3, and 4 wt. %) for cardiovascular applications.
The mechanical reinforcement by Cu alloying was lower than the provided by Mg with the
same alloy content. Nevertheless, increased values of UTS and YS were also reported for all
the Zn-Cu compositions (Table 6). Furthermore, the increasing Cu alloying led to exceptional

elongation at fracture values.

The Zn-Cu phase diagram in Fig. 9 shows a peritectic reaction of Zn + L - ¢-CuZns at 425 °C

when the concentration of Cu is higher than 1.53 wt. %. The ¢-CuZns phase has the same
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hexagonal close pack (hcp) structure as Zn, associated with compatible deformation, which

would explain the excellent elongation obtained after alloying.
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Fig. 9. Zn-Cu equilibrium phase diagram [106].
The calculated corrosion rate after 480 h of immersion in SBF was 22.1 + 4.7 um/year for the
pure Zn, and 33.0 £ 0.1 um/year for Zn-Cu alloys [97], suggesting that the presence of Cu

contributed to the formation of galvanic pairs with the Zn matrix.

Moreover, the Zn-Cu alloys did not show cytotoxicity to ECs, and the compositions above 2
wt.% Cu exhibited antibacterial activity against S. aureus. Qu et al. [38] reported the
antibacterial activity of Zn-2Cu alloy against MRSA by downregulating the expression of

genes related to adhesion, colonization, biofilm formation, and secretion of virulence factors.

Zhou et al. [115] implanted a Zn-xCu (x = 0.8 wt.% Cu) stent into porcine coronary arteries
for up to two years, demonstrating adequate radial strength during the remodelling and no
thrombosis, necrosis, or inflammation at any stage. After 24 months, 28 + 13 % of the stent

remained.

V.3. Zn-Ag alloy system

Silver (Ag) has been introduced in biomaterials as Ag nanoparticles, Ag oxides, or Ag ions due
to its excellent antibacterial activity and acceptable biocompatibility [116,117]. Moreover, its
high solubility into Zn matrix allows a broad range of Ag concentrations for the alloying

without extensive precipitation of Ag-rich phases.

24



Introduction

At 431 °C, a peritectic reaction between a primary solid phase (B-AgZnsz) and a liquid phase
forms the n-Zn solid phase (Fig. 10). Within its solubility limit (around 2.5 wt.% of Ag), the ¢-
AgZns phase precipitates, where the higher Ag content leads to higher AgZns area [106].
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Fig. 10. Zn-Ag equilibrium phase diagram [106].

Sikora-Jasinska et al. [108] evaluated Zn-xAg (x = 2.5, 5.0, and 7.0 wt. % Ag) for bioresorbable
implants. The characterization showed effective mechanical strengthening by grain refinement
and precipitation hardening, where YS and UTS increased with the increasing Ag content
(Table 6). Moreover, Ag alloying provided better fracture at elongation than Mg, with no
significant differences with increasing Ag content. Good formability would avoid
recrystallization and grain growth through manufacturing, accelerating processes in milder
conditions. Finally, the higher volume fraction of the e-AgZns phase led to more powerful

galvanic mechanisms.

Li et al. [118] revealed that the released Zn?* ion determined the cytotoxicity of the Zn-4Ag
alloy. Thus, the control of its degradation might be fundamental. Moreover, the antibacterial

effect against S. gordonii bacteria was demonstrated.

V.4. General remarks on Zn-based alloys

Alloying is an effective strategy to reinforce Zn by precipitation hardening. However, the new
phases form galvanic pairs with the Zn matrix might accelerate degradation via galvanic

corrosion mechanisms. Although promising results have been reported, galvanic corrosion
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must be controlled since its further development could produce material cracking and implant
failure. Moreover, the accelerated degradation increases the local Zn?* release, which might
lead to local cytotoxicity. Thus, current investigations are focused on controlling alloys

corrosion to mimic the natural degradation mechanisms of Zn.

VI. Techniques to control degradation and promote
biointegration of Zn-based materials

Different surface treatments have been studied to control the Zn alloys degradation rate and to
enhance their biocompatibility (Fig. 11). Protective coatings are a solution to delay the
degradation until the tissue remodelling finishes and the mechanical integrity is no longer
needed. Tissue healing can be also promoted by the immobilization of cell-adhesive molecules
onto the surfaces [119]. On the other hand, plastic deformation techniques could break and
distribute secondary phases through the Zn matrix, avoiding galvanic corrosion and

ameliorating biocompatibility of the alloys. [120].

( Zn-based alloys )

( Orthopaedic applications ) ( Cardiovascular applications )

v v

( CaP coatings ) ( Zn0 coatings ) ( Others ) ( Polymeric coatings ) ( Zn0 coatings )

Phosphate - Atomic Layer . . -

Biomimetic Plasma Magnetron Sol-gel
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Plasma
Electrolytic
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Electrolytic
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Dip coating

Fig. 11. Scheme of different surface modification methods that can be applied to biodegradable Zn-
based alloys to ameliorate biological and corrosion properties for orthopaedic and cardiovascular
applications. Adapted from on [121].

VI.1. Protective coatings

Coatings are intended to be an effective physical barrier that protects the underlying metal from
the external environment. Protective coatings must have high adhesion, adequate mechanical
resistance, flexibility towards substrate deformation, and cannot be susceptible to surface

imperfections [81].
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Anodizing is a traditional electrolytic process in which a thick and stable oxide layer is formed
onto the surface to protect the metal. Anodized coatings delay the early degradation of metals
[80]. When it is used in very high voltages, the process is generally known as Plasma
Electrolytic Oxidation (PEO) which provides more uniform surface films [122]. Several layers
can be obtained by varying parameters such as temperature, electrolyte concentration, current
density, and applied voltage. However, the surrounding media may infiltrate the oxide porous
layers being counterproductive to corrosion resistance. Therefore, additional coating layers and
sealing strategies may be needed for adequate corrosion protection [83]. Drelich et al. [123]
reported significantly different in vivo corrosion behaviour of Zn depending on the structure
and thickness of the oxide layer obtained by oxidation, anodization, and electropolishing. The
study determined that the corrosion protection is not only related to the layer thickness but also
to its uniformity, where defects and porous should be avoided.

Polymeric coatings are attractive for biomedical applications due to their biocompatibility and
tunability. The number and thickness of the coating layers would depend on the intended
application [81]. Thicker coatings provide higher corrosion protection; however, excessive
thickness would decrease the interfacial adhesion and lead to coating delamination in the
presence of shear stresses [124]. A successful polymeric coating must adhere to the surface and
withstand the usual movements of the implant. Polymeric coatings stand out due to their
capacity to be chemically, physically, and mechanically customized for a specific application.
Thus, polymeric coatings can combine corrosion protection with improved lubricity,
antimicrobial activity, blood compatibility, or drug delivery. PLA, PGA, and polycaprolactone
(PCL) are used in several biomedical applications such as soft tissue engineering, drug
delivery, or wound closure devices [9,12,125]. They have been reported to provide proper
corrosion resistance to Mg-based subtracts [126,127]. Their biodegradability condition is
adequate for bioresorbable metallic implants. In fact, a PLA derivate is used in Magmaris®

stent (BIOTRONIK, Germany), combining corrosion protection and drug eluting capacities.
VI.2. Surface functionalization

Accelerating the biointegration of the implants might have beneficial effects since the
recovered tissue could act as a natural protective layer. For instance, early re-endothelialisation

after stent implantation would protect the stent from corrosion or platelet adhesion [128].

Synthetic biomaterials currently used in implantology, including bioresorbable metals, are

bioinert. Providing biomaterials with bioactive molecules mimicking the extracellular matrix
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(ECM) microenvironment would initiate a determined biological response. Consequently, the
surface functionalization with molecules such as proteins [129,130] or growth factors [131]
confers the implant with cellular cues to provoke desired cellular responses without modifying
the bulk material. Nevertheless, their fast degradability, pH sensitivity, and the high costs
associated with their production entail some limitations. Synthetic peptides that include
specific regions of ECM proteins have been explored due to their higher stability and
tuneability [132,133]. One of the most common peptides used is the RGD (Arg-Gly-Asp)
sequence, identified in the ten-type Il domain of fibronectin [134], and recognized by asp:1
integrin accelerating cell adhesion. Other cell adhesive peptides enhance the adhesion of
specific cells. REDV (Arg-Glu-Asp-Val) motif is located in the Cs5 fibronectin domain and it
is recognized by the asf: integrin specifically promoting EC adhesion [135]. Other peptides
stimulate stem cell differentiation, such as bone morphogenetic 2 (BMP-2) or vascular
endothelial growth factor (VEGF) peptides, used in osteogenesis or vasculogenesis,
respectively [136-138].

VL.3. Metal forming processing and post-processing

Conventional metal-forming processes such as extrusion, drawing, rolling, and forging have
been explored on Zn-based alloys for mechanical reinforcement [90]. These techniques break
the as-cast microstructure and activate dislocation slip and twinning. The consequent
microstructural refinement also affects the corrosion behaviour of the Zn-based alloys. Table
7 lists some examples of the mechanical properties and corrosion rates of different Zn-based
alloys after conventional metal-forming processes.

Table 7. Mechanical properties and corrosion rate of Zn-Mg [139], Zn-Cu [140], and Zn-Cu-Ti [141]
alloys as-cast and after hot extrusion (HE) and hot rolling (HR) processing.

Zn alloy YS (MPa) UTS (MPa) E (%) CR (mml/yr)
Zn-1Mg, Cast 130+ 10 180 +21 2+0.2 0.28
Zn-1Mg, HE 210+ 15 265+ 16 9+1 0.12
Zn-1Cu, Cast 26 33 3.9 0.16
Zn-1Cu, HE 236 291 38.9 0.06
Zn-2Cu, Cast 50 60 34 0.13
Zn-2Cu, HE 275 328 48.8 0.13

Zn-1Cu-0.1Ti, Cast 86+3 92+4 1.4+0.8 0.029
Zn-1Cu-0.1Ti, HR 175+ 4 206 £ 6 39+14 0.034
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Kabir et al. [120] reviewed the different forming processing applied to Zn-based alloys and
concluded that extrusion-based techniques provided the most effective mechanical
reinforcement and corrosion resistance. The decreasing volume fraction of the secondary
phases after extrusion reduced the cathode-to-anode fraction in the alloys, hampering galvanic

corrosion mechanisms and homogenising degradation.

After the initial processing technique to obtain metallic bars, post-processing may improve
mechanical properties and control degradation. Severe plastic deformation (SPD) techniques
introduce extremely high strain during the deformation to produce bulk ultrafine-grained
(UFG) structures. The obtained microstructure refinement remarkably modifies mechanical
strength and corrosion resistance. There is no extensive investigation of the SPD techniques on
Zn-based alloys. Nevertheless, equal angular channel pressing (ECAP) on different alloys have
been reported. Bednarczyk et al. [142] studied the ECAP effects on the microstructure and
mechanical properties of Zn, Zn-Cu, Zn-Ag, and Zn-Mg alloys. All materials after the ECAP
process presented equiaxial grains produced by continuous dynamic recrystallization (DRX)
(Fig. 12).

OOQDY

- s II. Increasing [l. Formation of IV. Increasing V. Formation of
|. Initial grain dislocation subgrains with dislocation subgrains with
density LAGB density HAGB

Fig. 12. Scheme of the dynamic recrystallization process. |. Zn grain at the as-cast microstructure. 1.
The dislocation density inside the Zn grain increases with the strain. Ill. Dislocations assemble and
form sub-grains with low angle grain boundary (LAGB). IV. The dislocation density inside sub-grains
increases with the strain. V. The misorientation of the grains increases creating a high angle grain
boundary (HAGB). Adapted from [143].

Wang et al. [144] investigated the microstructural, mechanical, and corrosion evolution of Zn-
Mg (0.033 wt. % Mg) after 4, 8, and 12 ECAP cycles. The microstructural refinement and
mechanical reinforcement were observed after 4 and 8 ECAP cycles. However, extensive grain
refinement after 12 cycles led to an accumulation of dislocations that diminished the ductility.
Likewise, the corrosion resistance obtained after 4 and 8 cycles disappeared after 12 cycles.
The increasing Gibb’s free energy associated with the grain boundaries can accelerate
corrosion in UFG structures where the grain boundary concentration is higher. Alateyah et al.
[145] also reported improved corrosion behaviour of ZA31 (Mg-3Zn-1Al) after ECAP, where
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the deformation improved pitting corrosion resistance. Thus, ECAP processing after
conventional metal forming of bars could be a strategy to enhance mechanical properties and

control corrosion of Zn alloys for biomedical applications.

V1.4. General remarks on the modification of Zn-based alloys

Different approaches can be used to tune the degradation of bioresorbable Zn-based alloys.
Surface modifications based on oxide or polymeric layers may protect the alloys from surface
degradation. Moreover, peptide functionalization promotes cell adhesion and subsequent tissue
healing, where the recovered tissue may act as a natural corrosion barrier. On the other hand,
deformation routes such as ECAP processing can be a solution to reduce galvanic corrosion

and control the degradation of Zn alloys for biomedical applications.
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Objectives

Bioresorbable metals may overcome the limitations of current inert metallic implants, such as
late-stent thrombosis or surgical site infections, and biodegradable polymeric implants, such as
low mechanical properties. Despite adequate biocompatibility and optimal degradation
behaviour of Zn, its limited mechanical strength requires alloying elements for mechanical
reinforcement via precipitation hardening. Controlling the galvanic corrosion of Zn-based
alloys is essential to reduce local toxicity and bacterial infection and ensure the needed
mechanical support. In this regard, protective coatings and cell adhesive biomolecules
immobilization present a paramount potential for tissue integration after device implantation.
On the other hand, severe plastic deformation techniques homogenize corrosion and thus, could

inhibit bacterial infiltration and further infections.

Thus, the main aim of the present PhD Thesis is to develop novel bioresorbable Zn-based
materials combining mechanical reinforcement, suitable degradation behaviour, and
proper biological response for stent and antibacterial applications. A first characterization
of binary Zn-based systems (Zn-Mg, Zn-Cu and Zn-Ag) will be thoroughly performed to detect
the material needs according to the final application. Secondly, dual-action coatings or severe
deformation techniques will be investigated to tune the degradation behaviour and biological

response of the alloys.
To achieve this main goal, the following specific objectives will be addressed:

Objective I. To understand the influence of secondary phases on the mechanical properties,
corrosion behaviour, and biological response of Zn-based alloys. Chapter I will collect the
fundamental characterization of Zn—xMg (x = 0.5, 1 wt. %) and Zn—xCu (x = 3, 5 wt.%) mainly
focused on cardiovascular stents application. The study compiles the effects of secondary
phases with different chemical compositions and volume fractions onto corrosion behaviour,

following the next aims:

e To characterize the microstructure of the different secondary phases and determination
of the relation between the volume fraction and the wt. % content of the studied Zn—
based alloy.

e To understand the influence of secondary phases in the mechanical performance of the
studied Zn-alloy at the nano-, micro-, and macro-scales.

e To investigate the effect of galvanic pairs on the overall degradation of the alloys due

to corrosion processes in inorganic Hanks’ solution.
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e To evaluate the biocompatibility of the alloys in human aortic endothelial cells and

the antibacterial activity against S. aureus and P. aeruginosa.

Obijective Il. To investigate the relation between antibacterial performance and degradation
mechanisms of Zn-Ag alloys for ureteral stents. From the fundamental understanding of
Chapter I, Chapter Il will analyse the correlation among secondary phases, galvanic corrosion,
degradation, and antibacterial activity of Zn—xAg (x = 2, 4 wt.%) alloys. To this end, the study
will gather the following aims:

e To study the microstructure of the alloys and discuss the mechanical reinforcement of
Zn when alloyed with Ag element.

e Analysis of the degradation behaviour of the Zn and Zn—-Ag alloys in bacterial media
(brain heard infusion media). Investigation of the antibacterial mechanisms of the Zn-
Ag alloys against S. aureus and E. coli. Discussion on the effects of bacterial and

galvanic degradation on the antibacterial activity effectiveness.

Objective 11l. To implement dual-action coatings gathering corrosion protection and
endothelialisation of Zn—based alloys. From the information collected in Chapters I and I, Zn-
0.5Mg and Zn-2Ag were coated and functionalized with cell adhesive biomolecules for
cardiovascular applications. Thus, the following tasks will be accomplished in Chapter IlI:

e Implementation of a biodegradable PCL coating layer with adequate interfacial
adhesion and corrosion protection.

e Synthesis of linear RGD and REDV peptides and RGD-REDV peptide platform and
their successful immobilization on the PCL coated surfaces.

e Investigation of the biomolecules influence on human umbilical vein endothelial cells
adhesion and the synergistic effect of RGD and REDV peptides when combined in the
RGD-REDV platform.

Objective V. To explore severe plastic deformation techniques for microstructural refinement
of Zn—2Ag alloy as a candidate for wound closure applications. Chapter IV will deal with the
implications galvanic corrosion mechanisms previously discussed in Chapters I and Il. Thus,

the following aims will be addressed:

e Processing of Zn—2Ag by equal channel angular pressing and analysis of the secondary

phases distribution, grain refinement, and resulting texture.
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Evaluation of the mechanical properties at nano-, micro- and macro-scale. Study the
degradation evaluation in inorganic Hanks’ solution before and after deformation.
To determine the effect of severe plastic deformation and grain refinement on the

antibacterial activity against S. aureus.
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Chapter I. Characterization of Zn-Mg and Zn-Cu alloys for
bioresorbable cardiovascular stents

Objective
To evaluate Zn-xMg (x = 0.5, 1 wt.%) and Zn-xCu (x = 3, 5 wt.%) alloys for bioresorbable

cardiovascular stents, and understanding the effect of eutectic and peritectic phases

precipitation on the mechanical, corrosion, and biological response of Zn.

Graphical abstract

Tensile tests PDP, EIS
Vickers hardness Static immersion
Nanoindentation (Hanks’ solution)

Zn-xMg (x = 0.5, 1 wt.%)
Zn-xCu (x = 3, 5 wt.%)

= W
HAoOECs P. Aeruginosa
S. aureus

Main results

This chapter confirms that the precipitation of Zn+Mg2Zn11 or e-CuZns phases in the Zn
matrix refines the Zn microstructure and enhances YS and UTS. Moreover, Zn-Mg alloys
present more homogeneous corrosion than Zn-Cu alloys, where extensive galvanic
corrosion is observed. Zn-Cu alloys exhibit an antibacterial effect against S. aureus and
P. aeruginosa. However, all the alloys show poor biocompatibility, attributed to the local
ion release and the corrosion by-products. In conclusion, Zn-Mg alloys presented more

adequate properties than Zn-Cu alloys for cardiovascular stents.
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I. Introduction

Coronary artery disease (CAD) is the leading cause of death worldwide and it is
characterized by the progressive occlusion of the artery blood flow due to the formation
of a plaque. Percutaneous coronary intervention (PCI) with stent placement has become
the most popular treatment for atherosclerosis, with around three million stents being
implanted worldwide each year [1]. A new generation of bioresorbable stents (BRS) has
emerged to overcome the side effects of conventional stents by assisting the arterial
healing and dissolving with no implant residues [3].

During the last two decades, bioresorbable materials have been widely investigated for
their use in both cardiovascular and orthopedic applications [4—6]. The degradability and
resorbability of the materials within the body after implantation simplifies many surgical
interventions. The mechanical properties of an ideal stent should be close to those of
stainless steel 316L and its total degradation should be fulfilled after one year of the
implantation [7]. Bioresorbable polymers predominantly undergo hydrolytic or
enzymatic degradation, releasing biocompatible products [8]. Nevertheless, their limited
mechanical strength requires thicker struts to match the structural strength of current
metallic stents, disrupting laminar blood flow, and potentially increasing the incidence of
acute thrombotic events [4]. Mg- and Fe-based bioresorbable metals have received much
attention in the past years due to their inherent mechanical properties, which make them
more attractive stent material candidates than their polymeric counterparts [3,9].
Unfortunately, Mg shows a relatively high degradation rate and release of hydrogen gas
which can induce cytotoxicity and can create gas bubbles at the adjacent areas to the
implant promoting the separation of the surrounding tissue [10,11]. Fe corrodes at a slow
degradation rate for stenting applications and accumulates corrosion products at the artery
wall [5,12]. The development and characterization of Zn and its alloys as bioresorbable
metals is an ongoing research and rigorous studies must be performed in order to
determine and control their biocompatibility, degradation rate, and optimal mechanical
properties. In fact, the risks associated with BRS restrain the growth of the market.
Problems are related to limited mechanical material characteristics or unsuitable
corrosion characteristics [14]. Thus, a thoroughly understanding of the mechanical
properties at the nanoscale of the different alloys phases and the oxidation by-products

and species with the biological fluids is needed.
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Biocompatibility of Zn alloys and its corrosion products is crucial for stenting
applications. Differences in the in vitro response depend on the studied alloy, selected
cell line and cell culture medium, and the obtained products of corrosion. Zn alloys
bacterial response is of interest since stent infection is a rare complication with high
mortality (32 %), in which the S. aureus and the P. aeruginosa bacteria are responsible
for over 80 % of the cases [19].

The mechanical properties of Zn are not optimal and thus, different strategies (e.g.
alloying, thermal treatments and plastic deformation) have been evaluated. Katarivas
Levy et al. [20] reviewed a numerous list of Zn-based formulations along with the
reported mechanical properties and corrosion rates, and suggested essential elements Mg,
Ca, Cu, Mn, and Sr as alloying elements for biomedical zinc alloys. Indeed, ternary alloys
as Zn-Mg-Ca [21] or Zn-Mg-Cu [22,23] have been evaluated as promising compositions
for biodegradable implants. Yang et al. [24] performed an extensive evaluation of binary
Zn alloys for bioresorbable bone implants. Among all tested conditions, Zn-Li and Zn-
Mg alloys showed noteworthy improvements in terms of strength, uniform degradation
behavior, and biocompatibility [25,26].

However, the ductility significantly declined with respect to pure Zn, while Zn-Cu alloys
have elongation values above 30 %, which successfully accomplishes the criteria for
cardiovascular stents applications [27]. Moreover, Cu is well-known for its antibacterial
properties [1,28-30] and it is reported to stimulate endothelial cell migration and
angiogenesis [31-33]. Alloying with peritectic-forming elements such as copper (Cu) or
eutectic-forming elements such as Mg, refines the microstructure of pure Zn and enhances
its mechanical properties [34,35]. The importance of controlling topography, chemistry,
and mechanical properties at micro and nanoscale is fundamental for obtaining the desired
cellular response [28]. However, no studies have been devoted to evaluate the mechanical
behavior of Zn-Mg and Zn-Cu alloys different phases at the nanoscale depth range.

This chapter aims to gain a better understanding of the addition of the peritectic and
eutectic phases at the Zn matrix and their effect on the corrosion and nanoscale
mechanical properties of Zn-Mg and Zn-Cu alloys. To that end, a thoroughly
nanoindentation characterization and corrosion evaluation of Zn-based alloys was studied
by potentiodynamic polarization (PDP) and electrochemical impedance spectroscopy
(EIS) in Hanks’ solution. The ion release of the alloys was evaluated through an
immersion test by analyzing the released Zn?*, Mg?*, and Cu?* cations. Finally, it has

been evaluated the biological response with human aortic endothelial cells (HA0OECS),
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the bacterial activity via agar diffusion tests and the bacterial adhesion with both S. aureus

and P. aeruginosa of Zn-based alloys.

II. Materials and Methods

I1.1. Materials
Pure Zn (99.9 % purity), Zn-xMg (x = 0.5 and 1 wt.%) and Zn-xCu (x = 3 and 5 wt.%)
alloys were provided by Goodfellow, UK, in rods of 10 mm diameter. The as-received
condition of Zn was extruded, and Zn-Mg and Zn-Cu bars were extruded and cold rolled.
The chemical compositions of the zinc alloys as determined by inductively coupled

plasma optical emission spectroscopy (ICP-OES) are presented in Table 1.

Table 1. Chemical composition (wt.%) of Zn-Mg and Zn-Cu alloys determined by ICP-OES.

Sample Zn Mg Cu Pb S Others
Pure Zn 99.939 - - 0.030 - <0.02*
Zn-0.5Mg 99.393 0.464 - 0.099 - <0.01**
Zn-1Mg 98.498 0.904 - 0.113 - <0.01**
Zn-3Cu 97.144 - 2.708 0.094 0.032 <0.01***
Zn-5Cu 95.385 - 4.482 0.084 0.011 <0.01***

*: As, Cd, Sn, Fe; **: Ag, Al, As, Cu, S, Se, Si; ***: Ag, Al, As, Fe, Sb, Se, Si

I1.2. Microstructural characterization
Metallographic samples for the microstructural characterization were prepared from
cross-sections and longitudinal samples using standard metallographic procedures
followed by etching. The rods were cut into 2.5 mm thick discs, abraded with silicon
carbide grinding papers (P800, P1200, P2500 and P4000 from Neuertek S.A., Spain). The
ground samples were polished using 0.05 um silica suspension (Buehler, Germany) while
lubricated with ethanol (>96% (v/v) Sigma-Aldrich, USA) until achieving smooth
surfaces. A previous step of polishing using 6 um diamond suspension (ATM, Germany)
was required for Zn-Cu alloys. All polished samples were ultrasonically cleaned in
absolute ethanol (Sigma-Aldrich, USA) and acetone (Sigma-Aldrich, USA) for 5 min.
Pure Zn and Zn-Cu alloys were etched by a solution of 200 g/L CrOsz (Sigma-Aldrich,
USA) and 15¢g/L Na>SOs (Sigma-Aldrich, USA), and rinsed of 200 g/L CrOs. Zn-Mg
alloys were etched by a solution of 4.2 g picric acid (Sigma-Aldrich, USA), 10 mL acetic
acid (Sigma-Aldrich, USA), 70 mL absolute ethanol, and 10 mL of deionized water, and

rinsed in absolute ethanol. Microstructure was observed by scanning electron microscopy
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(SEM) equipped with X-ray energy-dispersive spectrometry (EDS) (JSM-7001F, JEOL,
Japan). X-ray diffractometer (XRD) (D8 ADVANCE Twin, Bruker, USA) using CuKa
was operated was operated at 40 kV and 100 mA to identify the phase composition of
samples with scanning range from 20° to 90° at a scan rate of 2° min™ and step size of
0.02°. The volume fraction percentage of secondary phase area was calculated using

ImageJ software (National Institutes of Health, MD).

I1.3. Mechanical characterization

Mechanical properties of the different Zn alloys were evaluated through tensile testing,
Vickers micro-hardness, and nanoindentation. The tensile tests were carried out on a
universal material test loading machine (Bionix 858 uniaxial, MTS Systems) according
to ASTM E8-04 standard [36]. Tensile dog-bone samples (30 mm gage length, 6 mm
diameter and 6 mm radius of fillet) were cut from the rolled rods with long axis parallel
to the extrusion direction. The tensile tests were carried out at room temperature and at
strain rate of 1 mm/min. Fracture surfaces after tensile tests were observed with SEM.
Surface micro-hardness, Hy, was measured using a Vickers micro-hardness tester
(Durascan G5, Emcotest) with a load of 100 g and dwelling time of 10 s. Mean hardness
was averaged from 5 measurements.

Nanoindentations were performed on a MTS Nanoindenter XP equipped with a
continuous stiffness measurement (CSM) using a Berkovich diamond tip with its area
function determined against fused silica standard. Matrixes of 10 by 10 indentations were
done with constant strain rate of 0.05 s and a maximum penetration depth of 200 nm.
The distance between consecutive indentations was set to 5 um in order to avoid the
interaction of the plastic deformation field between indentations. Results were analyzed
with the Oliver and Pharr method [37], usually applied for metallic samples and sharp
indenters. This approach minimizes the plastic effects providing a more accurate
calculation of the elastic properties of the material [38,39]. Nanoindentation mapping was
performed by KLA iMicro nanoindenter (KLA, USA). High-speed nanoindentations
performed one complete indentation cycle per second. Matrixes of 60 by 60 indentations
were done at constant load up to 2 mN. A constant distance around 5 um was held
between each imprint in order to avoid any overlapping effect. Results were analyzed by
InView software (KLA, USA). Prior to nanoindentation studies, the metallic discs were

abraded up to 4000 grit and polished with silica.
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11.4. Corrosion evaluation
The corrosion behavior of Zn and Zn alloys was studied by potentiodynamic polarization
(PDP) test [40], static immersion test [41], and electrochemical impedance spectroscopy
(EIS). The solution used for all corrosion tests was Hanks’ solution (H4891, Sigma-
Aldrich, USA) supplemented with NaHCOs (Sigma-Aldrich, USA) and CaCl-2H.0
(Sigma-Aldrich, USA) to simulate the ionic composition of blood plasma but without
Mg?* to avoid interfering with the ICP-MS measurements. The chemical composition of
the solution is listed in Table S1. The volume of the solution was 20 mL for all tests. The
metallic discs were abraded up to 4000 grit and ultrasonically cleaned with absolute
ethanol and acetone. The area of the samples exposed to the solution was 0.79 cm? in all
cases. For this purpose, Lacomit varnish (Agar Scientific, UK) was used for

electrochemically isolate the non-exposed areas.

I1.4.1. Potentiodynamic polarization test

Electrochemical analysis was performed in Hanks’ modified solution at 37 + 1 °C and pH
7.4 using a PARSTAT 2273 potentiostat (Princeton Applied Research, USA). Saturated
calomel electrode (SCE) and platinum electrode were used as the reference electrode and
counter electrode, respectively. After 30 min of stabilization of the open circuit potential
(OCP), polarization curves were obtained by scanning from -1.4 to -0.6 V potential
against the OCP at a scan rate of 0.16 mV/s, according to ASTM G5-14 [40]. The
corrosion current density (icorr) and the corrosion potential (Ecorr) Were determined by
extrapolating the cathodic Tafel line with Origin 2020 software (OriginLab, USA). The
corrosion rate (CR) (um/year) was calculated from the corrosion current density using
Eq. 1[42]:

3 icorrEW

CR = 3.27-10" (1)

where icorr is the corrosion current density (uA/cm?), EW is the equivalent metal weight
and p is the metal density. According to ASTM G102-89 [42], the EW and p used for
calculation were 32.68, 32.42, 32.15, 33.70, 34.41, and 7.14, 7.11, 7.09, 7.19, 7.23 g/cm®
for Zn, Zn-0.5Mg, Zn-1Mg, Zn-3Cu, and Zn-5Cu, respectively.

I1.4.2. Static immersion test
Static immersion test was performed according to ASTM G31-72 [41]. Samples were first
weighted and then totally immersed during 10 days in 20 mL of Hanks’ modified solution

under non-aerated controlled conditions (T =37 £ 1°C, pH 7.4 £ 0.1). The whole solution
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was renewed every 48 h. Aliquots of the solution collected at 1, 3, 7, and 10 days of
immersion time were filtered with 0.2 um filter and the released concentration of Zn?*,
Mg?*, and Cu?* was determined by using Inductively Coupled Plasma Mass Spectroscopy
(ICP-MS) (7800 ICP-MS, Agilent Technologies). The redox potential (E) and the pH
were monitored during the immersion test with Hanna HI 5521 multiparameter (Hanna
Instruments, Italy). After 10 days of immersion, the corrosion products accumulated onto
the sample surface were ultrasonically removed with a solution of 200g/L CrOszat 70 °C
according to ISO 8407 [43]. Degraded samples were then weighted to calculate the CR
through weight loss according to Eq. (2) [41]:

CR = (8.76-10* x W)/(A X T x D) 2)
where W is the weight loss (g) after the removal of the corrosion products, A is the sample
surface area exposed to the solution (cm?), T is the immersion time (h), and D is the metal
density (g/cm).

Surface morphology and chemical composition of the Zn alloys before and after the
removal of corrosion products were examined by SEM, EDS, and confocal Raman

microscopy (inVia™ Qontor® confocal Raman microscope, Renishaw Inc.).

I11.4.3. Electrochemical impedance spectroscopy (EIS)
EIS experiments were carried out in Hanks’ solution at 37 °C and pH 7.4 for 7 days. A
conventional three-electrode electrochemical cell as described in 11.4.1 was used with an
exposed area of the working electrode of 0.8 cm?. The EIS data were recorded at OCP
applying AC amplitude of 10 pA-rms from 10° Hz down to 102 Hz. ZSimpWin v3.21

software, Princeton Applied Research was used to treat the raw data.

I1.5. Wettability
Static contact angles (SCA) measurements on Zn and Zn alloys surfaces were performed
using a Contact Angle System OCAL15 plus (Dataphysics, Germany) with the sessile drop
method. Prior to measurements, metallic discs were ground up to P4000 grit and
ultrasonically cleaned with absolute ethanol. All measurements were done at room
temperature with 3 pL ultrapure milli-Q water drop. SCA were calculated at 5, 10, 15,
20, 25, and 30 seconds after drop deposition using a Laplace-Young fitting with SCA20
software (Dataphysics, Germany). Prior to wettability measurements, the metallic discs
were abraded up to 4000 grit and ultrasonically cleaned with absolute ethanol and

acetone.
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I1.6. Antibacterial activity
Staphylococcus aureus (S. aureus, CCUG 15915, Culture Collection University of
Goteborg (CCUG), Goteborg, Sweden) and Pseudomonas aeruginosa (P. aeruginosa,
CECT 110, Coleccion Espariola de Cultivos Tipo (CECT), Valencia, Spain) were used as
Gram positive and Gram negative bacteria model to determine the antibacterial properties
of Zn and the Zn alloys samples in vitro. Bacteria in frozen stock were aerobically
cultured in a brain heart infusion (BHI, Scharlab, Spain) medium at 37 £+ 1 °C overnight.
Afterwards bacteria were diluted in BHI medium to achieve a final optical density of 0.2
at 600 nm, corresponding to 10 colony forming units (CFU) per milliliter.
The inhibition effect on S. aureus and P. aeruginosa of Zn and Zn alloys was measured
by the agar diffusion plate test. Agar plates were prepared by mixing the culture medium
with 7.5g of agar (Agar bacteriological, Scharlab, Spain). Sterilized agar plates were
inoculated with 100 pL of the bacteria suspension at 108CFU/mL. Based on CLSI M07-
A9 [44], the samples were sterilized by immersion in ethanol 96% (v/v) for 30 min,
washed with PBS, put in contact with the plates with spread bacteria and incubated at 37
+ 1 °C for 24 h. The antibacterial activity is related to the size of inhibition zone (H),
which can be calculated as describes Eq. 3 [44]:
H = (D-d)/2 (3)
Where H is the inhibition zone in mm, D is the total diameter of specimen and inhibition
zone in mm, d is the diameter of specimen in mm. The ideal antibacterial effect occurs
when H>1. When H = 0 and few bacteria are observed, the antibacterial effect is limited,
when H = 0 and many bacteria observed, there is no antibacterial effect. The image
analysis was performed using ImagelJ software (National Institutes of Health, MD).
Moreover, the adhesion test was performed by adding 20 pL of the bacteria suspension
at 108CFU/mL to each sample and incubating at 37 + 1 °C for 2h. After incubation,
samples were rinsed in PBS three times to remove the non-adhered bacteria. The adhered
bacteria were fixed with 500 pL of 2.5% glutaraldehyde in PBS at 5 £ 1 °C for 30 minutes.
Samples were then dehydrated sequentially in a series of ethanol water mixtures (50%,
70%, 90%, 96%, and 100%) for 10 min each. The morphology and number of the adhered

bacteria were analyzed by SEM.

I1.7. Endothelial cell in vitro assays
Human aortic endothelial cells (HAOEC, 304-05a Cell Applications®) were cultured
under standard conditions (humidified atmosphere, 5% CO; at 37 £ 1°C) in Growth
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Medium ready to use (211-500, Cell applications®) in Nunc tissue culture flasks (Termo
Fisher Scientific) and passaged when reached 60—70% confluency. Cell isolation from
culture flasks was made by 1 mL-trypsinization (Trypsin/EDTA, Sigma-Aldrich) at room
temperature for 5 min followed by cell rinsing and resuspension in Growth Medium. Cells
were used for experiments at passage 8-12. Cell viability was determined using
cytotoxicity detection kit"-YS lactate dehydrogenase (LDH, Roche®) assay, a microplate
reader and calculated as a ratio to the positive control group. Each material was assessed
by triplicate.

Cytotoxicity assays were performed according to 1SO 10993-5/12 [45,46]. Indirect cell
viability of HAOEC was measured after 24 h incubation in supernatant at various
dilutions. Prior to cell experiments, the discs were sterilized by immersion for 20 minutes
in ethanol followed by three baths with phosphate buffered saline (PBS, Sigma-Aldrich,
USA) solution. The supernatants were prepared by immersion of discs (surface finish:
polished with 4000 grit emery paper) in Growth Medium ready to use under standard
conditions for 3 days at a surface-to-volute ratio of 3 cm?mL [46]. Aliquots of
supernatants were prepared at 1, 1:1, 1:10, 1:100 and 1:1000 volume-to-volume ratio.
Prior to the addition of supernatants, cells were incubated for 24 h in fresh Growth
Medium on 96-well plate at a cell density of 10.000 cells/well to allow attachment. After
that, the medium was replaced by the diluted supernatants. Cell viability was determined
using cytotoxicity detection kit”-YS LDH assay. The optical density was measured at the
wavelength of 492 nm using a microplate reader (Synergy HTX, Biotek) and calculated
as a ratio to the positive control group.

HAOEC adhesion/proliferation tests were performed for 1 day, 3 days and 7 days (500 pl
with 3x10* cells/sample). Cell were seeded onto the alloys polished surfaces previously
sterilized as described-above and cultured under standard conditions. Experiments were
performed by triplicate for viability measurements by LDH assay as described above and
additional samples were run for microscopical observation. For this purpose, cells were
fixed with 4% paraformaldehyde (PFA, Sigma-Aldrich, USA) for 30 min followed by
three baths with phosphate buffered saline (PBS) solution to remove residual PFA and
dehydrated through an ascending series of 50%, 70%, 95% and 100% ethanol for SEM
observation. For confocal laser scanning microscopy characterization (Carl ZEISS LSM
800) of viable/dead cells, a double staining Kit (Sigma-Aldrich) of Calcein-AM and
Propidium lodide (PI, Sigma-Aldrich, USA) was used.
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I1.8. Statistical Analysis

The experimental data collected in this study were reported as mean + standard deviation
(SD). Unless previous specified, all physicochemical characterization and cell culture
experiments were performed with n = 3 samples for each specimen group for each assay
used in this study. A normality test (Shapiro-Wilk test) was performed to determine if
data-set were modeled by a normal distribution. An equality of variances test (ANOVA)
was used to determine statistically significant differences when data were normally
distributed. A non-parametric test (Kruskal-Wallis test) was used for non-normally
distributed data (p-value < 0.05 for all tests). Statistical analysis was performed using
Minitab Statistical Software (Minitab Inc., USA).

II1. Results

I11.1. Microstructure

Fig. 1 shows SEM images of the microstructure of metallic discs in the cross-section (left)
and longitudinal section (right), the detected phases, and their volume fraction. The
microstructure of the longitudinal section confirmed the preferential grain orientation due
to cold rolling manufacturing for Zn-based alloys (Fig. 1d, f, h, j). Pure Zn microstructure
consisted of heterogeneous grains of Zn, ranging from 200 um up to 1 mm at the cross-
section, with partial recrystallization [47]. On the other hand, the microstructure of Zn-
Mg alloys consisted of Zn matrix and eutectic mixture of Zn+Mg.Zn11 formed along the
grain boundaries of a—Zn (Fig. 1c-f). Image analysis confirmed an increase of the volume
fraction for the eutectic mixture from 10 % to 19 %, for Zn-0.5Mg and Zn-1Mg alloys
respectively, with increasing content of alloying element (Fig. Sla-d). Zn-Cu alloys
presented a dual-phase microstructure of Zn and the dendritic e-CuZns phase (Fig. 1g-j).
Fig. 1h-i showed elongated e-dendrites and n-Zn grains following the rolling direction.
The volume fraction of intermetallic e-phase significantly increased with the higher
percentage of Cu content in the alloy, 7% for Zn-3Cu alloy and 25% for Zn-5Cu alloy
(Fig. Sle-f). XRD results confirmed the phases composition of studied samples are in
Fig. S2.
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Fig. 1. Microstructure of the cross-section (left) and longitudinal (right) of: extruded Zn (a, b),
and cold rolled Zn-0.5Mg (c, d), Zn-1Mg (e, f), Zn-3Cu (g, h), and Zn-5Cu (I, j) alloys.

I11.2.  Mechanical properties
Tensile mechanical properties and Vickers hardness results are shown in Fig. 2 with UTS,
YS, elongation at break and Vickers hardness (HV) parameters. Pure Zn showed low
values of YS (30 £ 6 MPa), UTS (97 + 7 MPa), and fracture elongation (8 £ 2 %) for this
application. As expected, the increasing Mg concentration significantly enhanced the YS
up to 192 + 13 and 222 + 6 MPa for Zn-0.5Mg and Zn-1Mg, respectively. The UTS values
also increased to 219 + 7 MPa for Zn-0.5Mg, and 260 + 8 MPa for Zn-1Mg alloy.
However, the elongation at break reached 28 = 6% for Zn-0.5Mg but dramatically

decreased down to 11 + 1% for Zn-1Mg alloy.
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a Sample YS (MPa) | UTS (MPa) | Elongation at break (%) | Micro-hardness (HV)
Pure Zn 306 97+7 812 41+2
Zn-0.5Mg 192 +13 219+7 28+6 73+2
Zn-1Mg 222+ 6 260 + 8 11+1 90+6
Zn-3Cu 128+ 4 147 £ 1 117 + 14 67%3
Zn-5Cu 154 +5 208 £2 11721 73+5

Fig. 2. Tensile test of Zn-Mg and Zn-Cu alloys: a) mechanical parameters obtained after tensile
and micro-hardness testing. > symbols join groups with non-statistically significant differences.
b) SEM morphology of the tensile fracture surface.

The tensile mechanical properties of Zn-Cu alloys were improved compared to pure Zn.
Both YS and UTS parameters were 128 + 4 and 147 + 1 MPa for Zn-3Cu alloy, and 154
+ 5and 208 £ 2 MPa, for Zn-5Cu alloy, respectively. As observed, elongation at fracture
consistently increased up to 117 % for Zn-Cu alloys. No statistical differences in fracture
elongation were observed between Zn-3Cu and Zn-5Cu alloys. Vickers micro-hardness
of pure Zn resulted of 41 + 2 HV while Zn-Mg alloys showed higher values up to 90 + 6
HV for Zn-1Mg alloy (Fig. 2a). This trend is attributed to the increasing volume fraction
of the hard Zn+Mg2Zn1: eutectic phase. For Zn-Cu alloys, the hardness was also enhanced
up to 73 £ 5 HV for Zn-5Cu alloys, correlated with the larger the volume fraction of e-
CuZns intermetallic phase.

The morphology of the fracture surfaces after tensile testing tests is shown in Fig. 2b.
The fracture surface of pure Zn presented fully trans-granular morphology, indicating a
brittle fracture without plastic deformation, in accordance to its low fracture elongation
(8 = 2 %). Zn-0.5Mg alloy exhibited dimple-fracture features, which is consistent with

the enhanced elongation at fracture (28 + 6 %) compared to pure Zn. The number of
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plastic dimples decreased with the increasing in Zn-1Mg alloy, and the predominance of
cleavage planes confirmed the macroscopic fragility and lower elongation at fracture (11
+ 1 %). Zn-Cu alloys fracture surface exhibited a ductile fracture behavior, coherent with
the larger elongation at break value of around 117 %. The magnitude of the ridges
suggested more refined microstructure of Zn-Cu alloys when compared to Zn, and larger
grain size than Zn-Mg alloys.

As shown in Fig. 3, nanoindentations on Zn matrix and secondary phases (eutectic
Zn+MgzZn11 for Zn-Mg alloys, and peritectic e-CuZns for Zn-Cu alloys) provided the
hardness and elastic modulus (E) of each specific phase (Table 2). The Zn matrix showed
hardness of 1.11 + 0.08 GPa for pure Zn. Statistically higher values for Zn-0.5Mg, and
Zn-1Mg alloys (1.18 £ 0.15, and 1.19 + 0.12 GPa, respectively), and statistically lower
values for Zn-3Cu (0.82 = 0.13 GPa) and Zn-5Cu (0.84 £ 0.15 GPa) were reported. E
values ranged from 71 up to 89 GPa but no statistical differences were found between

studied surfaces.
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\F // Ty cos
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Fig. 3. SEM image of nanoindented Zn-0.5Mg alloy with the matrix of 10 by 10 nanoindentations
and the phases composition. Scale bar: 10 um.

Table 2. Elastic modulus and hardness of the zinc matrix and the secondary phases of the tested
samples.

Surface Zn matrix Secondary phase*
Hardness (GPa) E (GPa) Hardness (GPa) E (GPa)
Pure Zn 1.11 +0.08? 89+5 n.d. n.d.
Zn-0.5Mg 1.18 £0.15° 8012 2.50 £ 0.64? 98 + 22
Zn-1Mg 1.19+0.12° 7121 2.65 £ 0.46° 100 £ 112
Zn-3Cu 0.82 £0.13° 75+5 1.85+0.33° 104 + 5P
Zn-5Cu 0.84 £ 0.15° 80+9 1.84 +0.43° 106 + 4°

* Zn+Mg.Zny; for the Zn-Mg alloys, and e-CuZns for the Zn-Cu alloys, n.d. not determined. * ¢
symbols join groups with non-statistically significant differences.
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High-speed nanoindentation test provided values of Zn matrix hardness of 0.89 + 0.272,
1.104 + 0.216, and 1.112 £ 0.329 GPa for pure Zn, Zn-1Mg, and Zn-3Cu, respectively.
The reported hardness of the e-CuZns secondary phase was 2.008 + 0.328 GPa, and higher
hardness was obtained for Zn+Mg>Zn11 (2.684 + 0.457 GPa). Hardness histograms and
maps compiled from the high-speed nanoindentation test are shown in Fig. S3. The E
values of Zn matrix were 69.73 £ 11.88, 72.47 £ 9.41, and 75.36 + 17.32 GPa for Zn, Zn-
1Mg, and Zn-3Cu, respectively. The E of secondary phases was 95.70 + 9.15 GPa, for
Zn+MgzZn11, and 109.92 + 11.26 GPa for CuZns.

111.3.  Corrosion behavior
I11.3.1. Potentiodynamic polarization test

The corrosion resistance of the alloys was first evaluated by potentiodynamic
measurements in modified Hanks’ solution at 37 £ 1 °C. Prior, OCP curves measured
upon stabilization are presented in Fig. S4. The most representative polarization curves
for pure Zn and Zn alloys are shown in Fig. 4. The behavior of the cathodic region was
similar for all materials, whereas some differences were observed in the anodic region as
a function of the alloy composition. In all cases, a net anodic potential was observed at
approximately -1.1 V (see Ecorr in Table 3).

Three regions are observed in the anodic branch: first, an activation region around the
Ecorr; followed by a passive region where potential shifts towards to more positive values
with low variation of current density; and finally, a third region where it is detected a
change in the anodic-current slope around —0.9 V. In the case of Zn-3Cu and Zn-5Cu, the
passive region is not as pronounced as in the case of Zn, Zn-0.5Mg and Zn-1Mg. The
passive region for Zn-5Cu is much smaller than that of the other materials, with an evident
breakdown of the passive corrosion layer at about —1.0 V. The constant increasing of the
current density for Zn-3Cu and Zn-5Cu above Ecorr, Suggest that the passive layer formed
on these alloys is less protective than the layer formed on Zn and the Zn-Mg alloys.
Moreover, Zn-Mg alloys displayed higher anodic current density than Zn-Cu alloys and
pure Zn (see icorr in Table 3). The calculated CR from potentiodynamic curves was around

0.03 mm/year for all samples (see CR from PDP test in Table 3).
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Fig. 4. Potentiodynamic polarization curves of Zn, Zn-0.5Mg, Zn-1Mg, Zn-3Cu, and Zn-5Cu in
Hanks’ solution at 37 + 1 °C.

Table 3. Corrosion parameters obtained from PDP test (Ecorr, icorr, and CR), and calculated CR by
weight loss after 10 days of immersion in Hanks” solution at 37 £ 1 °C and pH 7.4.

Surface Corrosion parameters from PDP test CR, immersion
Ecorr (V) icorr (MA-cM?) | CR (mml/year) | test(mmiyear)
Pure Zn -1.1237 £ 0.0171 2.10+£0.05 0.031 £ 0.001 0.132 £ 0.046
Zn-0.5Mg | -1.1289 +0.0348 2.34+£0.29 0.035 £ 0.004 0.115 £ 0.004
Zn-1Mg -1.1298 + 0.0202 2.45+0.65 0.036 £ 0.010 0.105 £ 0.017
Zn-3Cu -1.1479 + 0.0215 2.02 £ 0.56 0.031 + 0.009 0.094 + 0.005
Zn-5Cu -1.1293 + 0.0234 2.21+051 0.034 + 0.008 0.103 + 0.009
I11.3.2. Static immersion test

CR was calculated from degraded samples after 10 days of immersion into modified
Hank’s solution and subsequent removing of corrosion products, obtaining a value of
approximately 0.1 mm/year for all samples (see CR, immersion test in Table 3). Fig. 5a
shows the curves of Zn?* release after 1, 3, 7, and 10 days of immersion in Hanks’
solution. The released Zn?* reached a maximum between 100 — 150 pg/dL at day 1, and
decreased towards a minimum below 8.0 pg/dL at day 10 for all samples. For Zn-Mg
alloys, the Mg?* concentration detected was below 10 pg/dL. The detection limit for ICP-
MS is 0.01 pg/dL, and Cu?* cations were not detected in any case. Indicating that Cu?*

concentration in inorganic Hanks’ solution was lower than 0.01 pg/dL.
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Fig. 5. Immersion evaluation of studied Zn and Zn-based surfaces after 1, 3, 7, and 10 days in
Hanks’ solution at 37°C: (a) Values of released Zn?* expressed as (ug/dL), (b) pH, and (c) redox
potential.

Fig. 5b showed a pH increase from 7.4 £ 0.1 of Hanks’ solution during the immersion
test confirming the corrosion of all studied samples. Finally, negative values of redox
potentials were maintained during the degradation of all samples, maintaining the redox
homeostasis for a normal physiological steady state (Fig. 5¢) [48]. SEM images of the
corroded samples before and after the removal of the corrosion products are presented in
Fig. 6.
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Fig. 6. SEM images of the corroded samples after 10 days of immersion in Hanks’ solution at
37°C, before (left column) and after (right column) the removal of the corrosion products: Zn (a,
b), Zn-0.5Mg (c, d), Zn-1Mg (e, ), Zn-3Cu (g, h), and Zn-5Cu (i, j).

SEM images of corroded surfaces showed similar rounded-features for pure Zn (Fig. 6a)
and Zn-5Cu (Fig. 6i). The Zn-0.5Mg alloy combined these rounded-shapes with crystals
with morphology typical of hydroxyapatites (Fig. 6¢), which formed a uniform corrosion
layer in the case of the Zn-1Mg alloy (Fig. 6e). EDS confirmed the presence of Ca, O and

P. The corrosion products of Zn-3Cu alloy were clustered in specific areas suggesting
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localized corrosion (Fig. 6g). EDS analysis confirmed the presence of Zn, Ca, C, O, P,
and ClI in the corroded surfaces of the samples. Mg and Cu were detected at the surface
of corroded Zn-Mg alloys and Zn-Cu alloys, respectively. Raman spectra of the corroded
mineral surfaces (Fig. S5) confirmed the presence of complex Zn mineral phases
(simonkolleite (Zns(OH)gCl2-H20), hydrozincite (Zns(COs)2(OH)s) and skorpionite
(CasZnz(P0O4)2CO3(0OH)2-H20)), and hydroxyapatite (Fig. S5).

After removal of the corrosion products, a uniform corroded surface of pure Zn was
revealed (Fig. 6b). On the other hand, micro-galvanic activity between Zn matrix and the
secondary phases for the alloys confirmed galvanic corrosion mechanisms. SEM images
of the corroded surfaces of Zn-Mg alloys (Fig. 6d, f) indicated faster degradation of
Zn+MgzZn11 eutectic than Zn matrix over all surfaces. On the contrary, Zn-Cu alloys
showed areas nearly impassive and others with localized corrosion in which the
degradation of Zn matrix is preferred over the e-CuZns phase (Fig. 6h, j). The powerful
galvanic cell Zn/e-CuZns led to noticeable galvanic corrosion in Zn-5Cu alloy (Fig. 6j).
The release of Zn?* reached a maximum after 24 h of immersion and decreased to a
minimum after 10 days. At every time point, the total Zn?* concentration in solution is
within the range of regular blood zinc level (60 — 240 ug/dL) [49,50]. Although similar
CR values were obtained from weight difference, different corrosion mechanisms were
evidenced. Uniform degradation behavior was evidenced for pure Zn. However, the
presence of secondary phases forms galvanic pairs with Zn matrix that resulted in
galvanic corrosion. The degradation of both Zn+Mg2Zn11 eutectic and e-CuZns peritectic
has been observed. Faster degradation of Zn+Mg2Zn11 than Zn matrix was observed all
over the surface of Zn-Mg alloys, whereas Zn-Cu alloys showed points of localized
corrosion in which the &-CuzZn5 peritectic remained impassive and Zn matrix
considerably degraded. This behavior is coherent with the polarization curves that showed
less protective passive film for Zn-Cu alloys than those for Zn-Mg alloys (Fig. 4).

I11.3.3. Corrosion evolution by EIS
The corrosion behavior of Zn and the four Zn alloys was determined by EIS
measurements at open circuit potential. The most representative Nyquist plots of all
materials and the equivalent circuits (ECs) are depicted in Fig. 7. The corrosion
degradation behavior was based on the formation and breakdown of the corrosion

products layer as previously reported [51-53].
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Fig. 7. Electrochemical impedance spectroscopy (EIS) evaluation in Hanks’ solution of Zn and
Zn-based alloys: (a) Equivalent circuits of (i) passivation layer, (ii) porous layer, and (iii) bi-layer
model. EIS Nyquist plots: (b) Zn, (c) Zn-0.5Mg, (d) Zn-1Mg, (e) Zn-3Cu, and (f) Zn-5Cu. Time
after immersion: e-2h, e-4h, A-8h, ¥-26h, ¢-2d, €-3d, and -7d.

The Nyquist plots for pure Zn (Fig. 7b) and Zn-0.5Mg alloy (Fig. 7c) evidenced dynamic
corrosion mechanisms where initially a corrosion layer was formed, followed by its
rupture at later stages. Two capacitive loops appeared for pure Zn at 2 h after immersion.
The high frequency capacitive loop could be assigned to charge transfer resistance, and
the mid-frequency capacitive loop could be attributed to the electrolyte resistance inside
the corrosion film pores. The EC used for the fitting the experimental data is presented in

Fig. 7a,ii. The circuit consists of the following elements: Rs (solution resistance), Rct
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(charge transfer resistance), CPEq (double layer capacitance), Rf (resistance of the
solution inside the pores of the corrosion film), and Warburg component (W) which
represents diffusion controlled processes through the corrosion layer [54]. The impedance
modulus (|Z|) of pure Zn at 2 h was 3389 Q-cm? and decreased down to 2501 Q-cm? at 4
h, indicating the progression of the corrosion processes. The evolution of |Z| suggested
that the corrosion layer appeared between 4 and 8 h. After 8 h of immersion, the mid-
frequency loop transformed and better fitted to an EC without W component (Fig. 7a,i),
suggesting a densification of the corrosion film. The local breakdown of this film was
recorded after 26 h. The increase of |Z| up to 2018 Q-cm? at 2 days could be assigned to
the thickening of a corrosion film, whose barrier properties were deteriorated after 7 days
of immersion leading to lower corrosion resistance (|Z| = 1516 Q-cm?).

Fig. 7c shows the Nyquist plots of Zn-0.5Mg alloy. A corrosion layer appeared after 4 h
of immersion (fitted to Fig. 7a,i). At 8 h of immersion the Nyquist plots fitted to the EC
shown in Fig. 7a,iii, which is modeled by an inner layer (Ri, CPEi) and an outer layer
(Rol, CPEg) [51]. Here, the inner layer and the outer layer corresponded to the oxide film
initially formed and the later deposited hydroxyapatite crystals shown in Fig. 6c,
respectively. The |Z| of Zn-0.5Mg decreased from 2138 Q-cm? at 3d to 1213 Q-cm? at 7
d, suggesting the deterioration of the corrosion layer (fitted to Fig. 7ii).

In the case of Zn-1Mg, the |Z| decreased from 2 h to 8 h (Fig. 7d). After 8 h, the increase
of |Z| suggested a corrosion layer formation. Beyond 2 days, minor fluctuations of |Z],
which was 2100 Q-cm?, were observed; this indicated a more stable corrosion products
film compared to those formed on Zn and Zn-0.5Mg. EC used for the fitting was Fig. 7ii.
The impedance of Zn-3Cu (Fig. 7e) continuously decreased from 2 h to 2 days. After this
period, |Z| slightly raised and stabilized about 1300 Q-cm?. In the case of Zn-5Cu (Fig.
7f), it showed a rather stable behavior at early immersion (2 h — 8 h) after which |Z| had
a sharp drop between 8 and 26 h (both Zn-Cu alloys fitted to Fig. 7a,ii). After 26 h,
impedance of Zn-5Cu slightly increased and continued with minor fluctuations over the
remaining of the immersion. The curves fitted to the EC in Fig. 7d. In general, both Zn-
Cu alloys showed lower corrosion resistance than the Zn-Mg alloys in Hanks’ solution

under the here studied conditions.

1.4,  Wettability
Fig. S6 illustrates the wettability of studied Zn and Zn-based alloys with deionized water.

For all studied surfaces, the contact angle slightly decreased with increasing deposition
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time, but no statistically significant differences were observed after 30 s. The contact
angle of pure Zn at 5 s after the deposition of the droplet was 91.70 + 1.03°. The Zn-Cu
alloys were more hydrophobic (92.71 £ 0.70° for Zn-3Cu; and 97.32 + 3.61° for Zn-5Cu),
while the Zn-Mg alloys showed a more hydrophilic behavior compared to Zn (87.19 £
0.60° for Zn-0.5Mg; and 85.73 + 1.65° for Zn-1Mg). The wettability behavior of Zn-Mg
and Zn-Cu alloys may be attributed to changes in the surface chemistry. Chemically
heterogeneous surfaces (as multiphase alloys) count with multiple states individually
associated with a local minimum in the Gibbs energy [55]. Here, samples series with
higher fraction of Zn+Mg2Zny1 are more hydrophilic, whereas series with higher e-CuZns

shown a more hydrophobic behavior.

I11.5.  Antibacterial activity

Agar diffusion test showed no inhibition zone for S. aureus cultured on pure Zn, Zn-
0.5Mg, and Zn-1Mg, indicating no antibacterial effect. On the opposite, both Zn-Cu
alloys manifested inhibition zone of 1 mm size (1 £ 0.07 mm for Zn-3Cu, and 0.88 £ 0.03
mm for Zn-5Cu). Moreover, no inhibition zone was observed for P. aeruginosa bacteria
for any studied surface.

Fig. 8 shows the SEM images of the morphology of adhered S. aureus and P. aeruginosa
after 2 h of culturing on the investigated samples. No morphology changes were observed
in the S. aureus after 2 h in contact with the samples. However, the number of adhered
bacteria on Zn-Mg alloys increased compared to pure Zn (Fig. 8a, c, €). On the other
hand, there was much less S. aureus adhesion on the Zn-Cu alloys (Fig. 8g, i), especially
the Zn-5Cu alloy, which showed an anti-adhesion performance against the S. aureus.
Moreover, localized evidences of degradation of the Zn-5Cu surface were observed (Fig.
8i). The adhesion studies with P. aeruginosa showed that morphology remained intact
after the culturing. Similar bacteria adhesion is observed for pure Zn, Zn-0.5Mg, and Zn-
1Mg alloys (Fig. 8b, d, f, respectively). The number of bacteria adhered on the Zn-Cu
alloys surfaces were lower in comparison to pure Zn (Fig. 8h, j). Additionally, it was
observed surface morphology changes of Zn and Zn-Mg alloys after incubation with P.
aeruginosa. SEM images showed that P. aeruginosa adhesion was higher onto degraded
areas of Zn and Zn-Mg alloys compared to smoother parts (Fig. 8b, d, f). No adhered

bacteria were found onto non-degraded Zn-5Cu surface (Fig. 8j).
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Fig. 8. SEM images of bacterial morphology for both S. aureus (left) and P. aeruginosa (right)
after culturing for 2 h on pure Zn (a, b), Zn-0.5Mg (c, d), Zn-1Mg (e, f), Zn-3Cu (g, h), and Zn-
5Cu (i, j). Scale bar: 20 um. Yellow arrows indicate P. aeruginosa bacteria.
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II1.6. Endothelial cell response
I11.6.1. Indirect contact cytotoxicity
Fig. 9 shows the results from cytotoxicity assays by indirect contact of HAoOEC with metal
extracts obtained from incubating alloys discs for 3 days in Growth Medium. Viability
results suggested that Zn and the here studied alloys are cytotoxic to HAOEC. According
to the ISO 10993-5 [45], a cell viability reduction larger than 30% is considered as
cytotoxic. Since we measure viability as a ratio to the positive control group, a value
below 70% indicates cytotoxicity. This was the case of cells cultured in undiluted and
50% diluted extracts. For diluted extracts below 1:10 v/v, there was not an evident
cytotoxic effect, particularly in the case of Zn-Mg alloys. Among the alloys with Cu

content, the results suggested cytotoxicity of Zn-5Cu.
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Fig. 9. Indirect HAOEC viability after 24 h of culture in supernatants prepared by immersion of
the alloys in Growth Medium for 3 days. Aliquots of supernatants at decreased concentrations
were added to adhered cells.

I11.6.2. HAOEC viability by direct contact
HAOEC adhesion/proliferation of the cells were evaluated at day 1, day 3 and day 7. Fig.
10 summarizes the results for all alloys including pure Zn. In general, all materials
showed poor cell adhesion with viability values below 30 % after day 1. After 3 and 7

days, there was a prominent decrease in HAOEC population particularly on Zn-Cu alloys.
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Fig. 10. Cell viability of HAOEC seeded on the alloys measured by LDH test. (*) Statistically
significant differences in comparison to Zn control group, P < 0.05.

To further investigate cytotoxicity effects, cell morphologies in direct contact with the
alloys were observed with SEM at day 1, day 3 and day 7, and cell distribution was
determined at day 7 by confocal microscopy. Representative images of HAOEC
morphologies on the different materials are depicted in Fig. 11. Cells exhibited spread
morphology on Zn (Fig. 11a-c) and Zn-0.5Mg (Fig. 11e-g) throughout the immersion
period. This morphology was an indication of good cell adhesion to the surface; however,
cell population showed to be low as observed from live/dead confocal images of both Zn
(Fig. 11d) and Zn-0.5Mg (Fig. 11h). This was in accordance to cell viability results in
Fig. 10. In the case of Zn-1Mg and Zn-Cu alloys (Fig. 11i, m, ), HAOEC tended to
gather in bundles. In the case of healthy cells, such bundles might be an indication of
local cell proliferation. However, it is probably not the current case. Anchorage dependent
cells attach to each other to survive when they are not able to attach to the underlying
surface.

Formation of localized corrosion products was observed for Zn-1Mg (Fig. 11j-k) and
both Zn-Cu (Fig. 11n-0, r-s) alloys at day 3 and day 7, respectively, in contrast to a rather
smooth corrosion layer observed at day 1 for all materials. In general, cell viability results
(Fig. 10) agreed with cell morphology observations with SEM and dead/live confocal
microscopy images. HAOEC adhesion and proliferation on the here studied Zn alloys and

conditions, is negligible.

76



Chapter |

Zn-5Cu

Fig. 11. SEM (scale bar 10 um) and confocal (scale bar 100 um) images of HAoOEC morphology
and distribution after 1 day (left hand column), 3 days (2" column) and 7 days (right hand 2
columns) of culturing on Zn (a) — (d), Zn-0.5Mg (e) — (h), Zn-1Mg (i) — (1), Zn-3Cu (m) — (p),

and Zn-5Cu (q) — (t).
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IV. Discussion
Among bioresorbable metals, Zn and its alloys are becoming popular as part of the next

generation of temporary implant materials that potentially prevent complications related
to the use of permanent metals. From the mechanical point of view, Zn alloys have shown
to have potential for cardiovascular stents. The requirements for cardiovascular stents
include suitable stiffness that provide radial support to help restore the blood flow [56,57];
avoiding cracking during crimping and reinflation in order to prevent early loss of
mechanical integrity; fatigue resistance to endure the stretching during cyclic heart
contractions; and durability to avoid fracture that may lead to in-stent thrombosis [58].
The degradation rate, degradation products and biocompatibility are also key properties.
Ideally, the degradation rate of a bioresorbable vascular stent should be about 20 pm/year
to prevent excessive accumulation of degradation products that can cause long-term
symptoms [59]. Unalloyed Zn has an appropriate degradation rate for cardiovascular
stents application in comparison to Mg- and Fe-based alloys. Moreover, it is also an
essential element for healthy bones, muscles and liver. However, the mechanical
properties are lower compared to metallic materials used for commercial BMSs. The
addition of alloying elements such as Mg and Cu has been reported to effectively refine
the microstructure of Zn [34]. Moreover, extrusion process may modify the texture of
alloyed Zn showing grain texture which also may influence the mechanical properties
[60].

As expected, the microstructure of Zn-Mg alloys consisted of a primary a-Zn dendritic
grains along with a Zn+Mg2Znz; eutectic, mainly located at grain boundaries (Fig. 1c-f)
[61]. The reason is that Zn-Mg phase diagram shows a maximum of Mg solubility in Zn
of 0.1 wt.% at 364 °C [62], consistent with the results reported by Li [63], Prosek [64]
and Yao [65]. Fig. 1le shows the eutectic phase surrounding the grains of 30 um size,
suggesting a refinement of the microstructure by alloying. The microstructure of the
longitudinal sections showed Zn grains and the eutectic phase elongated to the rolling
direction (Fig. 1d,f). Zn-Cu phase diagram indicates a peritectic reaction where a Cu
content between 2.7 and 22 wt. % results in the formation of a two-phase alloy consisting
of a primary -CuZns dendrites and Zn matrix [62,66,67].

The addition of Mg as an alloying element enhanced the mechanical properties of pure
Zn. In fact, among the tested materials, Zn-1Mg the highest YS and UTS (Fig. 2). The
limited elongation of Zn-1Mg alloy is due to the interconnected network of Zn+Mg.Zn11
eutectic phase (Fig. 1e), which facilitates the growth of fracture cracks before the onset
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of plastic strain [18]. The statistically higher plasticity of Zn-0.5Mg is due to the absence
of a continuous network (Fig. 1c). On the other hand, Zn-Cu alloys showed a larger
elongation compared to Zn and Zn-Mg alloys. Superplastic behavior (>400% fracture
elongation) has been previously reported for Zn-Cu alloys with Cu content below 1 wt.%,
with preferential sliding at Zn/e-CuZns interphase rather than at Zn/Zn grain boundaries
[68,69]. The obtained lower values can be attributed to the grain size and to the non-
homogeneous distribution of e-CuZns intermetallic phase. The higher volume fraction of
the secondary phases in both Zn-Mg and Zn-Cu alloys increased the final mechanical
properties, as confirmed by nanoindentation results. The extremely low solubility of Mg
in the Zn matrix (0.1 wt.%) [62] was enough to increase the hardness of Zn matrix.
Similarly, the Cu dissolved into Zn matrix (2.75 wt.%) [62] reduces its hardness. As seen
in Table 2, the secondary phases manifested statistically larger hardness in comparison
to Zn matrix, 2.6 GPa for Zn+Mg2Zn11 and 1.82 GPa for e-CuZns, confirming that the
presence of secondary phases enhances the macroscopic mechanical properties of Zn
(Fig. 2a).

The anodic and catodic reactions involved in the corrosion mechanism of bioresorbable
Zn-based alloys are summarized in Eqgs 4-8. The released electrons from the oxidation of
the metal (Eq. 4) are involved in cathodic processes as the reduction of protons from water
molecules (Eq. 5) or the reduction of O2(g) (Eqg. 6). Both cathodic reactions produce
hydroxide ions increasing the pH of the solution and that could promote the formation of
zinc hydroxides (Zn(OH)2(s)) (Eq. 7) or zinc oxide (ZnO(s)) (Eq. 8).

Zn(s) = Zn?*(aq) + 2e" (anodic reaction) (@)
2H20 + 2e” = Hz(g) + 20H"(aq) (cathodic reaction) 5)
2H20 + O2(g) + 4e- - 40H"(aq) (cathodic reaction) (6)
Zn?* + 20H > Zn(OH)z(s) (by-product formation) @)
Zn?* + H20 = ZnO(s) + 2H" (by-product formation) (8)

This is a simplified model where it has not been considered the influence of other major
species present in Hanks’ solution, chloride, bicarbonate and phosphate ions. These ions
are potentially responsible for the formation of chloride, carbonate and phosphate

minerals as it is described in Egs. 9-11.

Zn?* + 2CI" > ZnCly(s) (by-product formation) 9)
Zn?* + HCOs™ - ZnCOs(s) + 2H* (by-product formation) (10)
3Zn?* + 2HPO42 - Zn3PO4(s) + 2H* (by-product formation) 11)
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Oxidation-reduction reactions involve electron exchanges that require optimal balance
for proper cell function. Enzymes as superoxide dismutase (SOD) and catalase act as
redox buffers modulating different cellular processes. Redox homeostasis is governed by
the presence of these antioxidants that absorb and buffer reductants and oxidants [48,70].
Under optimal cellular conditions, SOD and catalase are maintained in a highly reduced
state (E < 0 V) and buffer the reactive oxygen species (ROS). A redox misbalance could
transform the superoxide anion (O27) to hydrogen peroxide (H20>) (E, O2"/H20. = +0.94
V). The subsequent reduction of H>O> produces the hydroxyl radical (OH") (E,
H.02/OH" = +0.54 V), an extremely reactive electron and hydrogen acceptor whose
reduction potentially comprises unselective oxidation of cellular components as the lipids
present in the lipidic bilayers, aminoacids, or DNA [71]. Indeed, oxidative stress have
been demonstrated to be related to atherosclerosis [72]. The degradation of studied Zn
and Zn alloys occurred at negative redox potentials without subjecting cells to oxidative
stress.

Pourbaix diagrams for Zn-Mg and Zn-Cu alloys in Hanks’ modified solution at 37 °C
were calculated using HSC 5.1 Software (Fig. S7). At the measured pH and E values, the
expected species for Zn?* are ZnCO3/Zn0O (Fig. S7a); for Mg?*: Mg?*/MgO (Fig. S7b),
and for Cu?*: Cu/Cu20 (Fig. S7c) According to Pourbaix diagrams of Fig. S7c, it is not
expected any oxidized form of Cu as Cu?* which is in agreement with the non-detection
of Cu?*, values were below the detection limit (<0.01 pg/dL). On the contrary, Fig. S7a,
suggested to expect very low concentrations of Zn?* in these conditions. However, it
should be pointed out that Pourbaix diagrams provide a thermodynamic prediction and it
should be added the integration of the Kkinetics of the different processes (Egs. 4-10)
describing the degradation mechanism of Zn and Zn alloys.

Regarding the corrosion degradation properties, the corrosion products layer formed on
both Zn-Mg alloys demonstrated to be more protective to Zn than the corrosion layers of
Zn-Cu alloys. Zn-1Mg showed the better performance in terms of corrosion layer stability
and protection in Hanks’ solution under the studied conditions. Some studies have
reported that this is due to the presence of magnesium hydroxyl carbonate
(Mg(OH)(HCO3)(s)) that improve the corrosion resistance of Zn-based alloys as it is
electrochemically inert in aqueous solutions [62]. Zn-1Mg alloy also showed the highest
current density among the tested materials. The larger amount of fine intermetallic
Zn+MgzZn11 in the microstructure, results in a higher number of galvanic couples, which

may explain the higher current density value. Immersion test stated that the total released
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Zn?* concentration is within the levels of Zn?* in blood (60 — 240 pg/dL) [49,50]. Another
challenge associated to cardiovascular stents is the platelet adhesion and thereby blood
clotting. An strategy for the inhibition of the coagulation cascade is the control of the
wettability, which could inhibit the adsorption of specific proteins and, thereby, promote
hemocompatibility [73,74]. Moreover, the higher hydrophobicity is directly related to a
better corrosion resistance [73,74]. Therefore, the values obtained suggested that Cu
addition to Zn matrix increases the corrosion resistance of Zn. The hydrophilicity of Zn-
1Mg alloy suggested a lower corrosion resistance of Zn, which is in accordance with the
highest current density value reported in PDP studies (Table 3) and the galvanic couples
homogeneously distributed (Fig. 6d,f).

Bacterial activity is related to the kinetics of degradation as well as the nature of the
degradation products. Cu ions is an antibacterial agent and the the minimum inhibitory
concentration (MIC) needed is 100 mg/L [75]. According to the results of the immersion
test, the detected concentration of Cu?* was below 0.01 mg/L. However, it must be pointed
out the different conditions established for both experiments: immersion test comprises
the total immersion of the materials into inorganic Hanks’ solution; whereas in the agar
diffusion test the samples are deposited onto the agar plate with BHI. Hence, it is
hypothesized that Cu?* dissolved into the Zn matrix in Zn-Cu alloys may diffuse with the
degradation of the material at this primary stage, leading to an antibacterial effect for S.
aureus controlled by diffusion mechanisms [76]. Cu?* cations are often introduced to
render antimicrobial properties to inert materials. Different antibacterial mechanisms
based on Cu?" diffusion have been reported. Cu®* cations can interact with microbial
membrane and alter their structure and permeability, or they can prevent microbial
replication via interaction with microbial nucleic acids [1,28-30]. Pseudomonas have
been used as metal resistant strains capable of bioaccumulation of multiple metals as zinc
or copper and their dissolution [77]. Bacterial SEM images suggested that P. aeruginosa
stimulates the degradation of Zn and Zn-Mg alloys under studied conditions modifying
the chemical composition of the surface and its morphology. Moreover, the results
showed a preferential adhesion of P. aeruginosa bacteria onto the degraded and rougher
areas compared to non-degrades and smoother ones. Thus, controlling the degradation
products and consequent roughness of BRS is also critical for avoiding bacterial infection
[78].

Zn and its alloys indicated a deficient in vitro biocompatibility, however in vivo studies

have shown positive results [16,17,20]. Shearier et al. [17] discussed two reasons for
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this: (i) the formation of a confluent protein layer over the material surface, that occurs in
vivo, avoids the cells to be in direct contact with the implant surface; and (ii) the blood
flow might help to alleviate the local concentration of cytotoxic ions or degradation
products that may be harmful for cells. The absence of these conditions in vitro might
lead to local high Zn?* ions concentration that promotes cell dead [17]. This hypothesis
Is in accordance with the viability results in Fig. 10. The longer the incubation time of the
cells in direct contact with the metallic surfaces, the lower the viability values were
observed. Besides the exposure to local high Zn?* ion concentration, cells are also
exposed to degradation products that might also be cytotoxic. The nature and morphology
of these corrosions’ products certainly impacted cell viability and, as shown in Fig. 10,
cells are in direct contact with these degradation products. HAOEC rounded shape
surrounded by either corrosion products, is characteristic of weak cell adhesion. Once
upon immersion, Zn degradation starts with oxidation processes releasing Zn?* cations to
the aqueous solution. Li et al. [79] reported that there is an apparent lethal dose depending
on the cell type. Human aortic endothelial cells showed to be more resilient to the
presence of Zn?* in comparison to human aortic smooth muscle cells and human dermal
fibroblasts [79]. Previous studies [62,80] have also reported a toxic effect for undiluted
extracts in standard 1SO 10993-5/12 test. Moreover, significant differences of
cytotoxicity results among different studies have been also reported. It is important to
remark that the ISO standards 10993-5/12 were originally developed for biocompatibility
evaluation of inert materials. Due to their traditional use and simplicity of
implementation, these standards were rapidly adopted for screening biocompatibility of
bioresorbable materials. However, cytotoxicity is affected by degradation products
released from the materials and sensitive to different extraction vehicles [79]. According
to Li et al., cytotoxicity results are directly affected by three main factors: alloy nature,
cell line used and the extraction condition [79]. As stated by Li et al. [79], the medium
and conditions of extraction influence the outcome of standardized in vitro cytotoxicity
tests. In the same way, Wang et al. [81] recommend a minimal of 6 times to maximum
10 times dilution extracts since in vitro data should match in vivo data for cytotoxicity
tests. However, still for HAOEC type Zn alloys inhibitory effect on cell viability confirms
the need of functionalize Zn alloys surface intended for biomedical applications.

In general, Zn-based materials showed high potential to be used as BRS. As proven, their
mechanical properties and degradation rate can be adjusted by alloying with Mg and Cu.

However, cell adhesion and proliferation still need significant improvement. Therefore,
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future work should be focused on the functionalization of these alloys in order to achieve

the desired in vitro and in vivo biocompatibility.

V. Conclusions
In this study, mechanical, corrosion and biocompatible properties of Zn, Zn-0.5Mg, Zn-

1Mg, Zn-3Cu, and Zn-5Cu alloys were thoroughly characterized in order to select an
adequate material for stenting applications. Tensile mechanical testing and Vickers assays
confirmed that alloying with Mg or Cu alloying significantly increased YS and UTS of
Zn. This is due to the formation of hard Zn+Mg2Zn11 and e-CuZns secondary phases on
Zn-Mg and Zn-Cu alloys, respectively, as determined by nanoindentation tests.
Nanoindentation test determined the hardness and elastic modulus of the matrix and the
secondary phases of the studied alloys. Fractured surfaces images were in accordance to
tensile tests results showing the differences in grain size among the tested materials.
Potentiodynamic results indicated that the corrosion layer of Zn-Mg is more protective
than the formed onto Zn-Cu alloys., also confirmed by the Nyquist spectra from EIS
measurements. Impedance and polarization results showed that the corrosion mechanisms
consisted of galvanic corrosion followed by the formation of an inner corrosion layer plus
local precipitation of compounds rich in Ca, C, O, P, and ClI. Static immersion assay in
Hanks’” modified solution indicated Zn?* released values within normal blood levels,
Mg?* release was 10 pg/dL and Cu?* was not detected by ICP-MS. The formation of these
compounds and the Zn?* release compromises the adhesion and proliferation of HAOECs
in tested conditions. Cytotoxicity assays suggested that such products are cytotoxic to
HAOECs. S. aureus showed to be more resilient to Zn-Mg alloys, different from this strain
on Zn-Cu alloys evidenced by diffusion and adhesion tests. In vitro tests proved the need
of functionalizing Zn-Mg and Zn-Cu alloys for the intended application. Among the
tested materials, Zn-Mg alloys showed the best compromise in mechanical and

degradation properties for cardiovascular stents.
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Supplementary Material

Fig. S1. Image analysis by ImageJ software (right column) of the metallographic microstructures
(left column) of: Zn-0.5Mg (a,b); Zn-1Mg (c, d), Zn-3Cu (e, ), and Zn-5Cu (g, h). Areas colored
in red indicate the volume fraction of secondary phases.

Table S1. Chemical composition of Hanks’ modified solution.

Component Concentration (g/L)
KClI 0,4
KH2PO4 0,06
NaCl 8
Na:HPO, 0,04788
NaHCO; 0,35
CaClz-2H.0 0,185
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d
Lattice parameters
Phases a (nm) b (nm) ¢ (nm) Person symbol  Space group

Zn 0.26649 0.26649 0.49468 hp2 P6,/mmc

Mg,Zn;, 0.85520 0.85520 0.85520 cP39 Pm3
CuZn; 0.27418 0.27418 0.42939 hp2 P6,/mmc
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Fig. S2. X-Ray diffraction of the pure Zn and Zn alloys: (a) Crystallographic data of Zn,
Mg.Zn11, and CuZns phases. (b) XRD spectra of the tested samples.
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Fig. S3. High-speed nanoindentation results. Hardness histograms of (a) Zn-1Mg, and (b) Zn-
3Cu alloy. Hardness maps compiled from the nanoindentation matrixes of (a) Zn-1Mg, and (b)
Zn-3Cu alloy.
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Fig. S4. OCP curves of Zn, Zn-Mg and Zn-Cu studied alloys.
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Fig. S5. Raman spectra of corroded samples after 10 days of immersion in Hanks’ solution at 37
+ 1 °C. SMK simonkolleite Zns(OH)sClz-H,O; HDZ hydrozincite Zns(COs).(OH)s; HAP
hydroxiapatite; SKP skorpionite CaszZn,(PO4).CO3(0OH),-H,O; SO surface optical phonon

vibrations [53].
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105
100
95 4
e ] '\'\'\'“*‘.
< 904 '\?\?‘f"\.
O — 4 : L
85 - t T — :
4 T A - __._____.
80 - 1 1 1
75 Ll T Ll T Ll T 1
0 5 10 15 20 25 30 35
t(s)
Contact angle ()
Time (s) Pure Zn Zn-0.5Mg Zn-1Mg Zn-3Cu Zn-5Cu
5 91.70 = 1.03 87.19 = 0.60 85.73 = 1.65 92.71 = 0.70 97.62 = 3.61
10 90.97 = 1.25 86.34 = 0.75 84.15 = 1.68 92.18 = 0.81 96.95 = 3.57
15 90.55 £ 1.42 85.51 = 0.85 82.99 = 1.79 91.76 = 0.99 96.50 = 3.62
20 90.20 £ 1.56 84.76 = 1.08 82.01 = 1.94 91.43 = 1.11 96.15 = 3.62
25 89.87 + 1.67 84.08 = 1.25 81.28 = 2.06 91.12 = 1.25 95.80 = 3.66
30 89.57 + 1.76 83.53 = 1.30 80.73 = 2.10 90.86 = 1.33 95.62 = 3.69

Fig. S6. Water contact angle measurements on the Zn and Zn-alloys surfaces at 5, 10, 15, 20, 25,
and 30 seconds after 3 pul drop deposition.
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Fig. S7. Pourbaix diagrams of binary Zn-X alloys, where X = {Mg, Cu} and Zn > 95%. The
medium simulated is Hanks’ solution, at 37°C and arterial pressure (Calculated using HSC 5.1

Software).
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Chapter II. Characterization of Zn-Ag alloys for bioresorbable
ureteral stents

Objective
To evaluate Zn-xAg (x = 2, 4 wt.%) as possible candidates for bioresorbable ureteral stents.
The study aims to elucidate the antibacterial mechanisms of the alloys and the correlation

between the degradation and the bacterial activity against S. aureus and E. coli strains.

Graphical abstract

Tensile tests im:sapr’s ?;?‘ﬁt(; "
Vickers hardness (BHI media)

Zn-xAg (x = 2, 4 wt.%)

Bacterial adhesion
Growth curves

Main results

This chapter demonstrates that AgZns precipitation enhances YS, UTS, and fracture elongation
on Zn, but no real benefits in mechanical reinforcement are obtained with increasing AgZns
volume fraction. Moreover, increasing AgZns leads to aggressive galvanic corrosion, where S.
aureus and E. coli could penetrate the corrosion pits in Zn-4Ag alloy. The bacterial studies
suggested that the antibacterial effect exerted by Zn-Ag alloys follows contact and not diffusion
mechanisms. Overall, the Zn-2Ag alloy showed the better compromise among mechanical,

degradation, and antibacterial performance.
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I. Introduction

The ureteral stent is a flexible tube curled at both ends and placed into the ureter to relieve the
obstruction and provide urine drainage [1]. It is implanted through a guide wire under
cystoscopy, After the wire removal, the stent adopts the double J shape [2]. The continuous
precipitation of salts on its surface can be used as anchor points by bacteria that further produce
biofilm [4]. Previous studies showed that biofilm could form within 24 h after implantation and
thus, the infections can occur at short indwelling times of two weeks [5,6]. Thus, an ideal
ureteral stent should provide enough mechanical support for urine drainage; while avoiding

migration, encrustations, bacterial infections and, finally, degrade after the required time.

Current biodegradable ureteral stents are based on poly(glycolic acid) (PGA), poly(lactic acid)
(PLA), and poly(lactic-co-glycolic acid) (PLGA) [1]. Such polymeric structures are flexible
and easily handled; however, the low resistance to loading forces sometimes requires an inert
metallic scaffold [7,8]. Zn has been alloyed with a wide array of elements for mechanical
reinforcement for load-bearing applications [18,19]. In addition, alloying elements might
confer other properties such as superplasticity [20] or bacterial activity [21,22]. In this regard,
silver (Ag) is reported to mechanically reinforce the Zn by precipitation hardening while
providing exceptional elongation at fracture due to the activation of the pyramidal <c+a> slip
systems of Zn [23]. Accurate material formability is fundamental for the double J shape of
ureteral stents [1]. Moreover, Ag has been incorporated into several biomaterials and
nanocomposites to provide antibacterial activity [24]. The advantage of these devices relies on
the continuous and controlled release of Ag*™ ions [25]. The Ag® cation is reported to cause
changes in the bacterial RNA, DNA, and mitochondrial respiration [26], and it can destroy the

bacterial membrane causing bacterial death [27].

UTlIs are generally attributed to the Escherichia coli (E. coli) family, which are adapted to
colonize the urinary tract, and they are becoming increasingly resistant to antibiotics [28]. On
the other hand, Staphylococcus aureus (S. aureus) is the most common bacteria causing
infections after surgical interventions and it has also developed medicine resistance [29].

Therefore, alternative approaches to actual antibiotics need to be developed.

In this regard, the antibacterial activity of metallic cations such as Zn?*, Cu?*, and Ag* has been
previously reported [30,31]. Biodegradation of the metals occurs through their corrosion
processes, where metallic ions are released into the cellular environment [32]. Antimicrobial

performance of Mg-based materials has been related to the release of Mg?* ions, and the
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alkalinisation of the surrounding media during its degradation [33]. However, a pH increase in
the ureteral system would accelerate the deposition of low solubility mineral deposits, which
favours stone formation [34]. Recently, Qu et al. [35,36] reported the antibacterial effect of
Zn-Cu and Zn-Ag alloys by inhibiting the expression of bacterial genes related to adhesion,
colonization, and biofilm formation of S. aureus, S. epidermidis, and their methicillin-resistant
counterparts. Likewise, the degradation of Zn-based materials releases antibacterial Zn?* ions
into the media affecting bacterial metabolism. The released ionic concentration should be
above the corresponding minimum inhibitory concentration (MIC) to exert an efficacious
antibacterial effect [37]. However, the rapid degradation of the metal may lead to mechanical
failure of the implant or the excessive deposition of low solubility minerals onto its surface
[38,39]. Moreover, the induced rugosity after the mineral precipitation could be used as
bacterial anchorage points. Furthermore, degrading surfaces of bioresorbable metals are
supposed to reduce bacterial infection by inhibiting bacterial attachment [3]. However, the
antibacterial mechanisms of biodegradable metals, as well as the effect that degradation has on

bacterial performance has not been unravelled.

This work aims to evaluate pure Zn and Zn-xAg (X = 2, 4 wt. %) alloys as possible material
candidates for ureteral stents. Moreover, this study tends to provide more insights into the
mechanisms of the bacterial activity of bioresorbable metals by relating their degradation with
their exerted antibacterial effect.

I1. Materials and methods

I1.1. Materials
Metallic bars of pure Zn (99.9 % purity) and Zn-xAg (x = 2, 4 wt.%) of 10 mm diameter were
provided by GoodFellow (UK). The as-received condition of the pure Zn bars was extruded,

whereas the Zn-Ag bars were extruded and cold rolled.

I1.2. Microstructural characterization
Microstructure was characterized both parallel and perpendicular sections to the extrusion
direction. To this end, the bars were cut into disks of 2.5 mm thickness and abraded with silicon
carbide papers down to P4000 (Neurtek S.A., Spain). Final polishing was achieved using a 50
nm silica suspension (Buehler, Germany) and ultrasonically cleaned in absolute ethanol
(Sigma-Aldrich, USA) for 5 minutes. The samples were then etched with a solution containing
0.5 g of oxalic acid (Sigma-Aldrich, USA), 2.5 mL acetic acid (Sigma-Aldrich, USA), and 25

mL of absolute ethanol. The microstructure was observed by scanning electron microscopy
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(SEM) equipped with X-ray energy-dispersive spectrometry (EDS) (JSM-70001F, JEOL,
Japan). The volume fraction determination of the phases was performed using ImageJ software
(National Institutes of Health, MD). The phase composition of the samples was characterized
by X-ray diffractometry (XRD, D8 ADVANCE Twin, Bruker, USA) using CuKa at 40 kV and

100 mA with a scanning range from 20 ° to 90 °, the scan rate of 2 °mint and step size of 0.02°.

I1.3. Mechanical characterization
The mechanical properties were evaluated through tensile tests (ASTM E8-04 [40]) and
Vickers microhardness. Tensile dog-bone samples with 30 mm gage length, 6 mm diameter,
and 6 mm radius of filled were machined from the rods with the long axis parallel to the
extrusion direction. The tensile tests were carried out on a universal material test loading
machine (AllroundLine Z020, Zwick/Roell, Germany) at room temperature and at 1 mm/min
strain rate. Vickers microhardness, Hv, was measured using a microhardness tester (DuraScan
G5, Emco-Test) with 100 g of load and 10 s of dwelling time. The Hy was calculated from 5

measurements.

11.4. Corrosion evaluation
The degradation evaluation was carried out by potentiodynamic polarization (PDP) and static
immersion tests at 37 £ 1 °C in a brain heart infusion (BHI) (Scharlab, Spain) used for bacterial

culture. The composition of the BHI media is listed in Table 1.

Table 1. Composition of the brain heart infusion media (BHI) (Scharlab, Spain).

Compound Concentration (g/L)
Enzymatic digest of animal tissues, and brain-heart extract 27.5
Dextrose 2.0
Disodium hydrogen phosphate 25
Sodium chloride 5.0

I1.4.1. Potentiodynamic polarization test
PDP tests were performed according to ASTM G5-14 [41] using a PARSTAT 2273 potentiostat
(Princeton Applied Research, USA) in a standard three-electrode set up, with the sample as the
working electrode, a saturated calomel electrode (SCE) as the reference electrode, and platinum
as the counter electrode. Before the PDP test, the samples were immersed in the BHI medium
for 60 minutes to measure the open circuit potential (OCP). The polarization curves were

scanned from -1.4 V to -0.6 V against OCP at a scan rate of 2 mV/s. The corrosion potential
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(Ecorr) and the current density (icorr) Were determined from the curves using the PowerSuite
software (Princeton Applied Research, USA), and the corrosion rate (CR, um/year) was

calculated using Eq. 1 [42]:
CR=327- 10-31'“”% (1)

where the icorr is the current density (nA/cm?), the EW is the equivalent metal weight (g/mol),

and the p is the metal density (g/cmq).

I1.4.2. Static immersion tests

For the static immersion test, the samples were first weighted and then immersed for 10 days
in BHI with a solution under standard conditions (humidified atmosphere, 5% CO- at 37 +1
°C) with a volume to surface area of 0.20 mL/mm? at 37 + 1 °C, following the ASTM G31-72
standard [43]. Before the immersion, the samples were sterilized by immersion in absolute
ethanol for 15 minutes. The whole solution was renewed each 48 h. At2h,1d,2d, 3d, 7d,
and 10 d, aliquots of the solution were collected and filtered with a 0.2 um filter. The released
Zn?* and Ag* were analysed by Inductively coupled plasma mass spectrometry (7800 ICP-MS,
Agilent Technologies). On the other hand, the aliquots were used as conditioned media in the
indirect contact test (Section 11.5.2). The pH was monitored through all the experiment. After
10 days of immersion, the corrosion products were removed at 70 °C with a 200 g/L solution
of CrOz [44], and the degraded samples were weighted for the CR (mm/year) calculation by
mass loss using Eq. 2 [43]:

CR = (8.76-10* x W)/(AX T X p) )
where the W is the weight loss (g), the A is the area of the sample exposed to solution (cm?),

T is the immersion time (h), and p is the metal density (g/cm?3).

The surface of the samples was observed by SEM and EDS, before and after, the removal of

the corrosion products.

IL.5. Antibacterial activity
Staphylococcus aureus (S. aureus, CCUG 15915, Culture Collection University of Géteborg
(CCUG), Goteborg, Sweden) and Escherichia coli (E. coli, CECT 101, Coleccién Espafiola de
Cultivos Tipo (CECT), Valencia, Spain) were selected as Gram-positive and Gram-negative
bacteria, respectively. All the bacteria suspensions used in the bacterial assays were prepared

as follows: frozen bacteria were aerobically cultured in BHI medium at 37 £ 1 °C overnight.
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Then, the suspensions were diluted in BHI medium down to a final concentration of
approximately 10% colony forming units (CFU) per millilitre, corresponding to an optical
density of 0.2 at 600 nm. The agar plates were prepared by mixing the BHI medium with 7.5 g
agar (Agar bacteriological, Scharlab, Spain). Previously to the tests, the samples were sterilized
by immersion in absolute ethanol for 20 minutes and subsequently rinsed three times using a
phosphate buffer solution (PBS, Sigma Aldrich, USA) into the sterile hood.

I1.5.1. Agar diffusion plate test
The agar diffusion plate test was performed according to the standard CLSI MO7-A9 [45]. First,
100 uL of the bacteria solution were placed onto agar plates. Then, the sterilized samples were
placed on the agar plates and incubated at 37 + 1 °C overnight. According to the standard, the
MIC corresponds to the lowest concentration of antimicrobial agent that completely inhibits

bacterial growth. Thus, no zone of inhibition indicates no antibacterial effect.

I1.5.2. Bacterial indirect contact test
The extracts for the indirect contact test were collected during the static immersion test (Section
11.4.2) and put in contact with bacteria. Therefore, aliquots of 100 uL from 6, 24, 48, and 72 h
after immersion were collected and mixed with 100 uL of the bacteria suspension diluted 1:10
in a 96-well culture plate. The plate was placed into a multimode microplate reader (Synergy™
HTX, BioTek, USA) during 16 h, and the absorbance was measured every 15 minutes. The
negative control (C-) was composed of 200 uL of Hanks’ solution and BHI (50:50). The
positive control (C+) was prepared by mixing 100 uL of Hanks’ solution with 100 uL of the

bacteria suspension diluted 1:10 in BHI.

I1.5.3. Bacterial direct contact test
Zn, Zn-2Ag and Zn-4Ag discs were inoculated with 20 uL of bacteria suspension and incubated
forlh,2h,and 24 h at 37 £ 1 °C. Afterwards, the discs were rinsed twice with PBS to remove

the non-adhered bacteria.

The bacteria viability was evaluated by fixing the attached bacteria with 500 uL of 2.5 %
glutaraldehyde in PBS at 5 + 1 °C for 30 min and staining with the LIVE/DEAD™ BacLight™
bacterial viability Kit (Molecular Probes, USA). The green fluorophore (SYTO 9) stained the
DNA of all the bacteria, whereas the red fluorophore (propidium iodide, PI) stained only the

bacteria with a damaged membrane. The kit was prepared by diluting the SYTO9 and PI (1.67
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mM) in PBS to a final concentration of 3 um/mL. The stained bacteria were observed by

fluorescent microscopy (Nikon E600, Tokyo, Spain).

Furthermore, the adhered bacteria were detached from the surfaces for their quantification. For
this purpose, samples were immersed into 1 mL of PBS and subjected to 1-minute ultrasounds.
The resulting solution containing the previously attached bacteria was serially diluted (1:100,
1:1000, and 1:10000) and incubated onto agar plates overnight. Afterward, the formed CFUs
were counted for quantification following ASTM D5465-93 [46].

The surfaces after the adhesion test were observed by SEM. Bacteria were fixed by 500 uL of
2.5 % glutaraldehyde in PBS at 5 + 1 °C for 30 min and dehydrated by 10 minutes of immersion
in an ethanol-water mixtures series (of 50%, 70%, 85%, 90%, and 100% ethanol). Then, the
bacteria and the corrosion products were removed at 70 °C with a 200 g/L solution of CrOs
[44].

I1.6. Statistical analysis
The results of this work were reported as the mean values * the standard deviation. Three
replicates (n = 3) were tested in the experiments. The Shapiro-Wilk test was used to determine
if the data were normally distributed. The normally distributed data were then subjected to an
equality of variances test (ANOVA). A non-parametric test (Kruskal-Wallis test) was used for
the non-normally distributed data. The software used for the analysis was Minitab Statistical
Software (Minitab Inc. USA).

I1l. Results

II1.1. Microstructure

Fig. 1 shows the microstructure of the samples, and Fig. 2 includes the XRD results. The
microstructure of Zn consisted of large Zn grains with heterogeneous grain size distribution
(Fig. 1a, d). SEM images and EDS analysis confirmed the presence of a Zn matrix (darker
areas) and an Ag-rich phase (brighter areas) in both Zn-Ag alloys (Fig. 1b-c, e-f). According
to the XRD results, the Zn-Ag alloys comprised a Zn matrix and a secondary AgZns phase.
The calculated volume fraction of the AgZns phase increased from 3 % for the Zn-2Ag alloy
to 14 % for the Zn-4Ag alloy. Finally, the microstructure of the longitudinal sections showed
preferential grain orientation and phase elongation to the extrusion direction for the cold-rolled
Zn-Ag alloys (Fig. le, f).
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Fig. 1. SEM images of the microstructure of the transversal (top) and longitudinal (bottom) sections of
Zn (a, d), Zn-2Ag (b, ), and Zn-4Ag (c, f). Scale bar of the zoomed regions: 10 um.

Lattice parameters

Phase a (nm) b (nm) ¢ (nm) Pearson symbol Space group
Zn 2.6649 2.6649 4.9470 hP2 P65/mmc
AgZn, 2.8227 2.8227 4.4274 hP2 P6s/mmc
iy *Zn e AgZn,
*
Zn F T
*
. *
Zn-2Ag ¥ o Te « * jS—*
*
Zn-4Ag 3 x| *, o %% ek o *
T T T T T T
20 30 40 50 60 70 80 90
20

Fig. 2. XRD results: table with crystallographic data of the Zn and AgZns phases and XRD spectra of
pure Zn, Zn-2Ag, and Zn-4Ag samples.

I11.2. Mechanical characterization
As expected, the UTS and YSopo02 Of the Zn-Ag alloys were significantly higher than those
obtained for pure Zn (Table 2). Similar tendency could be observed from Vickers

measurements, where the Hy increased from pure Zn to Zn-2Ag alloy, and mildly decreased
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from Zn-2Ag to Zn-4Ag alloy. Moreover, the elongation at fracture values arose from 8 £ 2 %
for pure Zn to 244 + 30 % for Zn-4Ag alloy. The SEM fractographs of the samples after the
tensile test showed dimple-featured fractures in accordance with the high ductility of Zn-Ag
alloys (Fig. 3). The Zn-2Ag alloy exhibited dimples with areas ranging 3 — 200 um?, and the
Zn-4Ag showed reduced areas from 1 to 50 um?.

Table 2. Mechanical characterization results: ultimate tensile strength (UTS), yield strength at 0.2 % of
elongation (YS0.002), and elongation at fracture calculated from tensile tests; and microhardness

obtained from Vickers measurements. **¢ symbols join groups with non-statistically significant
differences.

Sample UTS (MPa) Y So.002 (MPa) Elongation (%) | Micro-hardness (HV)
Zn 97+ 7 30+62 8+ 22 37.1+0.6%

Zn-2Ag 125 + 1° 100 + 7° 197 £ 19° 49.3+0.9°

Zn-4Ag 113 +1° 92 +2° 244 + 30° 46.5+0.2°

Fig. 3. SEM fractography images of (a) Zn, (b) Zn-2Ag, and (c) Zn-4Ag samples after tensile tests.

I11.3. Degradation evaluation
Table 3 shows the corrosion parameters (E, i, and CR-PDP) obtained from the PDP tests. The
Zn-Ag alloys exhibited decreased current density and hence a lower corrosion rate (CR, PDP)

than pure Zn, where the Zn-2Ag alloy was the most corrosion resistant of the series.
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Table 3. Current density (i), corrosion potential (E), and corrosion rate (CR-PDP) calculated from PDP
tests; and the resulting corrosion rate determined from immersion test (CR-mass 10ss).

Sample E (V) i (WA/cm?) CR-PDP (mm/yr) CR- mass loss (mm/yr)
Zn -1.166 + 0.013 3.13+£0.85 0.047 £0.013 0.080 £ 0.056

Zn-2Ag | -1.176 +0.013 2.00+0.42 0.030 £ 0.006 0.034 £ 0.043

Zn-4Ag | -1.171+0.001 259+1.13 0.038 £ 0.0167 0.098 + 0.082

The Zn-2Ag alloy presented a noticeable decrease in CR after the immersion test (Table 3)
compared with pure Zn, while the Zn-4Ag alloy exhibited the highest CR of the series. Fig. 4
shows the SEM images of the surfaces of the samples before and after removal of the corrosion
products after 10 days of immersion in BHI solution at 37 + 1 °C. After the immersion, the
surfaces were covered by a layer of corrosion products (Fig. 4a, c, €). The EDS analysis
indicated the presence of Zn, C, O, and P. Ag was detected for the Zn-Ag alloys. After removal
of the corrosion layer, the Zn and Zn-2Ag samples presented overall uniform surfaces (Fig. 4b,
d, respectively), whereas the Zn-4Ag alloy exhibited several corrosion pits all over its surface
(Fig. 4f).

Fig. 4. SEM images of the general surfaces of the (a) Zn, (b) Zn-2Ag, and (c) Zn-4Ag samples before
(left column) and after (right column) removal of the corrosion products after 10 days of immersion in
BHI at 37 £ 1 °C. Scale bar: 10 um.
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Fig. 5 shows the SEM images and the EDS analysis of the initial degradation points of the
samples after immersion in BHI and with the removal of the corrosion products. Pure Zn
exhibited an extensive homogeneous degradation, with no localized corrosion (Fig. 5a).
However, the degradation of the Zn-Ag alloys began in specific areas where the AgZns phase
and the Zn matrix were perfectly distinguished (Fig. 5b, c). Spectra 1 and 3 in Fig. 5b indicated
the presence of the Ag-rich phase, in contrast to the darker areas (Spectrum 2) of studied Zn-
2Ag. A similar composition was found in the corrosion pit of the Zn-4Ag alloy (Spectrum 4 in
Fig. 5c), where the Ag content was higher than in the non-degraded surface (Spectrum 5).

Moreover, Spectra 1 and 4 presented a significant percentage of CI.

Spectrum
1 21.54 1.84 0.39 68.83 7.41
2 9.67 2.1 N.D. 86.76 1.45
3 13.62 N.D. N.D. 77.00 9.38
4 9.22 2.66 0.30 75.73 12.09
5 8.31 2.39 N.D. 81.13 8.18

Fig. 5. SEM images and EDS analysis (wt. %) of the initial degradation points of (a) Zn, (b) Zn-2Ag,
and (c) Zn-4Ag after the removal of the corrosion products after 10 days of immersion in BHI at 37 +
1°C. N.D.: not detected.

As can be observed from Fig. 6a, the measured pH value of all the samples during the
immersion assay was lower than the initial pH value of 7.4 £ 0.2 of the BHI medium. Fig. 6b
shows the curves of Zn?* released on days 1, 2, 3, and 10 of immersion. The initial values of
released Zn?" at 2 h of immersion were 154.0 + 6.1 pg/dL, 136.1 + 24.4 ug/dL, and 142.9 +
26.8 pg/dL for Zn, Zn-2Ag, and Zn-4Ag, respectively. The concentration of Ag* at 2 h was
below the limit of detection of the ICP-MS instrument (< 0.07 ug/dL).
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Fig. 6. Immersion test results at days 1, 2, 3, and 10 after immersion of the samples in BHI medium at
37 + 1 °C: (a) measured pH values; and ICP-MS analysis of the released (b) Zn?*, and (c) Ag* ions.

After 1 day, the Zn?* concentration of all the samples rose to ~ 700 pg/dL and continuously
decreased to ~ 200 pg/dL on day 7. On day 10 of immersion, the curve sharply increased up to
~ 400 pg/dL in all the cases. On the other hand, the release profile of Ag* for the Zn-Ag alloys
also showed a decrease with the immersion day, with an initial maximum concentration of 0.37
+ 0.05 pg/dL for Zn-2Ag, and 0.33 + 0.13 pg/dL for Zn-4Ag. Finally, the released Ag* arose

a plateau after 7 days of immersion.

111.4. Antibacterial effect via ion diffusion
Agar diffusion test showed no inhibition zone for pure Zn, Zn-2Ag and Zn-4Ag when cultured
with S. aureus and E. coli, suggesting no antibacterial activity by ion diffusion for any strain.
Fig. 7 shows the S. aureus and E. coli growth curves cultured with the extracts collected from
the immersion test. As it can be observed from the curves, there was no inhibition of the
bacterial growth for any of the conditions, confirming that the samples did not present an

effective antibacterial activity against S. aureus or E. coli by ion diffusion mechanisms.
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Fig. 7. Bacterial growth curves of S. aureus and E. coli cultured in the extracts from2 h, 1d, 2d, 3 d,
7d, and 10 d, collected from the immersion test. C+ and C- represent the positive and the negative
controls, respectively.

Table 4 lists the calculated lag time from the growth curves of S. aureus cultured in the extracts
put in contact with the Zn, Zn-2Ag, and Zn-4Ag. No statistical differences with the control
were detected in the lag time of S. aureus cultured with the extracts after 2 h and 1 d of
immersion, in accordance with the absence of the inhibition zone in the agar test. The
conditioned media from Zn-2Ag immersion did not produce significant changes on the
bacterial lag time through all the immersion tests. In contrast, lower lag times were found in S.
aureus growth when cultured with the 2 d, 3 d, 7 d, and 10 d extracts of pure Zn and Zn-4Ag

samples.

Table 4. Lag time of S. aureus cultured with extracts of the immersion test. Lag time of positive control:
2.26 +0.01 h. 2® indexes join groups with no statistical differences.

Sample 2h 1d 2d 3d 7d 10d

Zn

2.27 +£0.06

2.22+0.01

2.10+£0.122

2.08 £0.122

2.15+0.022

2.09 £0.10°

Zn-2Ag

217 +£0.01

2.16 +£0.27

2.18+0.18

2.08+£0.12

2.09+0.15

2.18 £0.07

Zn-4Ag

2.23+0.03

2.25+0.07

2.03+0.04°

2.16 £ 0.06°

2.12 +£0.06°

1.99 +0.02°

110



Chapter 11

The calculated lag time values of E. coli cultured in the conditioned media are presented in
Table 5. Longer lag times were found E. coli cultured in the conditioned media of Zn, until
day 3 of immersion, and Zn-2Ag, after first day of immersion. The conditioned media Zn-4Ag
alloy only affected the lag time on the third day.

Table 5. Lag time of E. coli cultured with extracts of the immersion test. Lag time of positive control:
1.65 £ 0.02 h. # index joins groups with no statistical differences.

Sample 2h 1d 2d 3d 7d 10d
Zn 1.79+0.05% | 1.79+0.022 | 1.77+0.05% | 1.85+£0.02% | 1.60+£0.04 | 1.71+0.04
Zn-2Ag | 1.73+£0.03 | 1.79+£0.09% | 1.86 +£0.02% | 1.84 £0.12% | 1.88 +0.01? | 1.84 £ 0.05°
Zn-4Ag | 1.73+£0.03 | 1.74+0.05 | 1.75+0.08 | 1.82+£0.10% | 1.72+0.05 | 1.63+0.05
I1L.5. Antibacterial effect by contact

Fig. 8 shows the live-dead staining of S. aureus and E. coli after the bacterial adhesion tests.
The corresponding CFU quantification is depicted in Fig. 9. An increase in bacterial adhesion

was observed from 1 h to 2 h for both strains at every condition.

As can be observed from Fig. 8a-i, the adhered S. aureus to the surfaces decreased with the Ag
content of the alloy, the quantification results confirmed this trend (Fig. 9a). After 24 h of
incubation, a sharp decrease in S. aureus attachment was observed for Zn-2Ag surface
compared with pure Zn, and <10 CFU/mL were counted for Zn-4Ag alloy (Fig. 8g-i).

A similar tendency was observed for E. coli at the first hour of adhesion (Fig. 8j-I and Fig. 9
b), in which the Zn-4Ag alloy exhibited the best antibacterial performance. However, no clear
tendency regarding the Ag content was observed after 2 h (Fig. 8m-0), where the Zn-2Ag
presented the lowest CFU value. Finally, no alive bacteria were found on the surfaces after 24
h of adhesion, independently of the studied surface (Fig. 8p-r). The yellow arrows indicate the

presence of corrosion by-products that reacted with the staining.

The morphology of the attached bacteria and the surface changes after the tests were observed
by SEM. Fig. 10 shows the SEM images of the surfaces after 1 h of S. aureus and E. coli
adhesion. The S. aureus found on the Zn surface appeared as a coccus with smooth round-
shape morphology and a diameter of about 300 nm (Fig. 10a). The low CFU values reported
for Zn-2Ag and Zn-4Ag difficulted the SEM observation of S. aureus attached to the surfaces

(Fig. 10b and c, respectively). The E. coli found on all the surfaces showed typical bacteria
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morphology of rod shape with a size of about 1.5 um (Fig. 10d-f). Furthermore, no degradation

was observed in the samples.

S. aureus

E. coli

Fig. 8. Live-dead staining of S. aureus and E. coli cultured on pure Zn, Zn-2Ag, and Zn-4Ag alloys
during 1, 2, and 24 h of incubation. Yellow arrows indicate the presence of stained corrosion products.
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Fig. 9. Quantification of (a) S. aureus and (b) E. coli strains after 1, 2, and 24 h of incubation onto the
Zn, Zn-2Ag, and Zn-4Ag surfaces. *, ** join groups with no statistical differences.

Fig. 11 shows the SEM images of the surfaces after 2 h of S. aureus adhesion. Higher bacterial
adhesion along with biofilm formation was observed on the Zn surface (Fig. 11a). The lysed S.
aureus on the Zn-2Ag surface indicated the death of bacteria posterior to the attachment (Fig.
11c). At this point, a few signs of bacterial degradation were found on Zn surface after the
removal of the bacteria (Fig. 11b). The Zn-2Ag alloy showed no degradation signs but organic
rests from the S. aureus adhesion (Fig. 11d). Finally, Zn-4Ag presented a smooth surface with

no bacterial remnants (Fig. 11f).

Zn-4Ag

Zn-2Ag

S. aureus

E. coli

Fig. 10. SEM images of Zn, Zn-2Ag, and Zn-4Ag surfaces after 1 h of incubation with S. aureus and
E. coli. No bacteria could be found for Zn-2Ag and Zn-4Ag cultured with S. aureus.
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Fig. 11. SEM images of (a, b) Zn, (c, d) Zn-2Ag, and (e, f) Zn-4Ag surfaces after 2 h of incubation with
S. aureus, before (left) and after (right) the removal of bacteria and corrosion products. Yellow arrows
indicate (a) presence of biofilm, and (c) disrupted S. aureus morphology. Scale bar: 5 um.

Fig. 12 shows a noticeable decrease of S. aureus adhesion on Zn (Fig. 12a) and Zn-2Ag (Fig.
12¢) and no biofilm was observed after 24 h of bacterial adhesion, following the reduced CFU
counted (Fig. 9a). The bacteria were surrounded by degradation by-products composed of C,
O, P, CI, and Zn, in accordance to the EDS analysis. On the contrary, more bacteria with
disrupted morphologies were observed on the Zn-4Ag sample (Fig. 12e). The cracks on the
Zn-4Ag surface indicated the degradation of the alloy. After the cleaning of the samples, the
Zn exhibited severe bacterial degradation with corrosion pits of 1-4 um in diameter (Fig. 12b).
A particularly aggressive degradation was found in the Zn-4Ag sample (Fig. 12f), whereas the

Zn-2Ag surface was more uniformly degraded (Fig. 12d).
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Zn

Zn - 2Ag

Zn — 4Ag

Fig. 12. SEM images of (a, b) Zn, (c, d) Zn-2Ag, and (e, f) Zn-4Ag surfaces after 24 h of incubation
with S. aureus, before (left) and after (right) the removal of bacteria and corrosion products. Scale bar:
5 um.

Fig. 13 and Fig. 14 show the SEM images of the surfaces cultured after 2 and 24 h with E. coli.
After 2 h, all the samples presented dispersed E. coli bacteria through their surfaces (Fig. 13a,
c, ), with lysed membranes, indicated with the yellow arrow in Fig. 13c. The Zn and Zn-2Ag
surfaces presented uniformly degraded surface after the bacterial removal (Fig. 13b, d),

whereas localized corrosion pits were found for Zn-4Ag alloy (Fig. 13f).

After 24 h, the E. coli were covered and surrounded by the corrosion by-products (Fig. 14a, e).
The morphology disruption observed in Fig. 14c and e indicated bacterial death, in accordance
with the quantitative results (Fig. 9). Moreover, the surfaces presented some cracks due to the
surface degradation (Fig. 14c, e). After the corrosion by-products removal, the Zn presented a
more homogeneous surface (Fig. 14b) than the Zn-Ag alloys (Fig. 14d, f). The EDS analysis
confirmed the presence of Ag-rich phases in the spherical features of the alloys.
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Before

Fig. 13. SEM images of (a, b) Zn, (c, d) Zn-2Ag, and (e, f) Zn-4Ag surfaces after 2 h of incubation with
E. coli, before (left) and after (right) the removal of bacteria and corrosion products. Yellow arrow
indicates bacterial morphology disruption. Scale bar: 5 um.

Before After

Fig. 14. SEM images of (a, b) Zn, (c, d) Zn-2Ag, and (e, f) Zn-4Ag surfaces after 24 h of incubation
with E. coli, before (left) and after (right) the removal of bacteria and corrosion products. Scale bar: 5
pm.
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IV. Discussion

An ideal ureteral stent should provide the proper radial strength to the ureter to drain the urine
from the kidneys to the bladder, avoid incrustations and stone formation, and prevent bacterial
infections [2]. The long-term risks rely on the formation of precipitated deposits onto the stent
surface, where bacteria are more easily attached [4]. Moreover, the double J shape of the
ureteral stents requires exceptional formability and Zn-Ag materials have been reported to
exhibit an excellent elongation at fracture, meanwhile providing higher mechanical strength

than polymeric-based ureteral stents [23].

According to Zn-Ag phase diagram, the solubility of Ag in the Zn matrix is 1.67 % at room
temperature [23]. Above this Ag concentration, the AgZns phase forms. The Ag content in the
Zn-2Ag alloy is slightly above the solubility limit, resulting in a lower AgZnz volume fraction
than in the Zn-4Ag alloy, where the Ag content is around 4 wt.%. In this work, increasing UTS
and Y'S values were obtained for Zn-Ag alloys, suggesting that the precipitation of the AgZns
phase strengthened the Zn by precipitation hardening and grain refinement [23]. Moreover, the
high elongation at fracture values obtained for Zn-Ag alloys would provide high formability
for stent production. Previous studies on hexagonal-closed packed Zn-based alloys attributed
the increase in elongation to the presence of AgZns phase [23]. A slight decrease of both UTS
and YS from Zn-2Ag to Zn-4Ag alloy was observed. The AgZns of Zn-4Ag provided additional
AgZns/Zn interphases for phase boundary sliding leading to a softening effect [47].

The degradation of pure Zn occurs through the grain boundaries and expands to the Zn grains
depending on their orientation and size [48]. Therefore, the extensive degradation of Zn was
attributed to the degradation of Zn grains (Fig. 5a). However, the corrosion performance of Zn
changes after the alloying due to the grain refinement and the presence of secondary phases
which take part in the degradation stage [49,50]. The microstructural refinement results in a
higher concentration of grain boundaries that can release corrosion localization and enhance
corrosion resistance [51]. Thus, the lower corrosion rate of Zn-2Ag was related to the grain
refinement obtained after alloying [23]. On the other hand, the secondary phases of Zn alloys
may act as cathodic regions and form galvanic pairs with the Zn matrix [50], where the larger
cathode-to-anode area ratios are related to more powerful localized degradation [52,53]. After
removal of the corrosion layer, the Zn-Ag alloys presented a non-degraded AgZns phase
surrounded by a degraded Zn matrix, confirming the degradation of the alloys by galvanic

corrosion mechanisms (Fig. 5b, ). The detected Cl was related to the precipitation of AgCI(s)
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after the combination of released Ag™ with the CI existing in the media [54]. Furthermore, the
larger volume fraction of the AgZns phase in the Zn-4Ag alloy formed stronger galvanic pairs
with the Zn matrix, leading to greater current density and corrosion rate values (Table 3).
Homogeneous corrosion of the material is desired for biomedical applications since localized
degradation may lead to the cracking of the material and subsequent implant failure. Here,
accentuated galvanic corrosion of the Zn-4Ag alloy may have a detrimental effect on the further

performance of the implant.

The degradation behaviour of biodegradable metals is dependent on the tested conditions, in
which the working media highly influences the degradation of the metal [55-58]. The role of
organic compounds from bacterial media onto the metal corrosion remains uncertain. For
example, organic molecules as proteins have been reported to deposit onto the metallic surfaces
and protect them from further corrosion, as well as Zn?* ion is known to coordinate with
different metalloproteins [59], which would accelerate de degradation of the metal. However,
the main anodic and cathodic reactions occurring during degradation in inorganic media have
been well-described elsewhere [48]. Respect to this, Zn-based materials degrade following an
oxidation reaction (Eg. 3) and reducing the oxygen present in the medium (Eq. 4). Therefore,
the produced OH anions from the cathodic reaction have been related to the increase of pH

observed during the degradation of Zn(s) as described in previous studies [60,61].

Zn (s) = Zn?* + 2e" (anodic reaction) 3)
2H,0 + 02 (g) + 46" > 40H" (cathodic reaction) 4)

Afterwards, the produced Zn?* combines with the anions existing in the degrading media
forming different Zn-based minerals (oxides, hydroxides, carbonates, phosphates), usually
detected in the corrosion layer of the corroded Zn alloys. From the composition of BHI media
(Table 1), Zn?* would react with the hydrogen carbonate (Eq. 5) and hydrogen phosphate (Eq.
6) anions, as well as with the H.O molecules (Eq. 7) present in the media.

Zn% + HCOs = ZnCOs (s) + H*(by-product formation) (®)
3Zn2* + 2HPO4Z > Zn3(POs)2 (s) + 2H* (by-product formation) (6)
Zn?* + H,0 = ZnO (s) + 2H* (by-product formation) )

Eq. 7 and Eq. 8 describe the H* cation as a by-product that would influence the pH of the
solution by turning it more acidic. Herein, the decreased values of pH measured through the
immersion test (Fig. 6a) are attributed to the release of H* that, in the tested conditions, seems

to be more predominant than the produced OH". The ureteral stents are prone to encrustations
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and stone formation, because of the continuous accumulation of salty compounds on the stent
[62]. Moreover, the surface irregularities of the stents through the deposition of solid by-
products (e.g. ZnCO3(s), Zn3(PO4)2(s), ZnO(s)) can favour the bacterial adhesion and further
infections [63]. As the precipitation of salts is directly related with the alkalinisation of the pH,
an acidification of the local pH nearby the stent would be preferred for the application [62,64].
Regarding possible cytotoxicity effects, the inner epithelial layer of the ureter secretes mucosa
to protect cells from the acid urine pH of 5-6 [65]. Thus, the measured pH of around 6 is not
expected to induce cytotoxicity.

The drug resistance developed by bacteria complicates the treatment of UTIs and aggravate the
consequences [28]. Thus, the antibacterial effect of metallic ions as Zn?* or and Ag* has been
widely explored [30,31] Moreover, the degrading surface of bioresorbable metals may prevent

the bacterial attachment and avoid further growth and colonization.

After immersion studies, the Zn?* and Ag" release curves followed a similar tendency in which
the maximum concentration of the released ion was found after 24 h to then, continuously
decrease the values (Fig. 6b, c). Biodegradable metals degrade by the continuous formation
and breaking of a corrosion layer [55]. Therefore, the decreasing tendency of the release curves
was related to the creation of a protective corrosion layer that delayed the metal degradation
and inhibit the ion release. The increase in the concentration of Zn?* detected on day 10
suggested the breaking of this corrosion layer and thus, the enhanced ion release. The Zn, C,
O, and P elements detected at the corrosion layer of the samples after the immersion were
attributed to Zn carbonates, oxides, or phosphates present in the corrosion layer of the Zn-based
alloys [55,66]. The breaking of the corrosion layer would dissolve some of these salty deposits
releasing the Zn* ion to the media and participating in the increase of Zn?* detected on day 10
of immersion (Fig. 6b). The lower quantity of Ag-rich salts in the corrosion layer was not
expected to influence the Ag* release curve. The maximum Zn?* concentration detected was
lower than 800 pg/dL for all the samples and then, lower than the MIC against S. aureus and
E. coli (76800 ng/dL) [67]. Likewise, the maximum concentration of Ag* detected was = 0.35
ug/dL, which did not reach the MIC against S. aureus (800 ug/dL) or E. coli (400 pg/dL) [67].
Therefore, the ionic concentration below the MICs explained the absence of an inhibition zone
in the agar diffusion test or the unhampered bacterial growth in the indirect tests (Fig. 7).

Nevertheless, larger lag time values when compared to the control were reported for E. coli

cultured with the Zn and Zn-2Ag extracts (Table 5), indicating a lean antibacterial effect
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against this strain. On the opposite, S. aureus exhibited shorter lag times when cultured with
pure Zn or Zn-4Ag conditioned media, suggesting that the degradation of the samples
stimulated bacterial growth (Table 4). Among the tested conditions, Zn-2Ag led to the most
desirable bacterial response in the indirect contact test, with delayed E. coli growth and no S.
aureus stimulation. In this regard, E. coli has been reported to be more vulnerable to greater
Ag' and Zn?* concentrations due to the structural differences into their membranes [68,69].
Gram+ bacteria such as S. aureus have a thick peptidoglycan wall that helps them to reduce
the penetration of toxic metallic cations to their cytoplasm. Besides, the metallic cations exert
an antibacterial effect over the correspondent MIC; below this value, the ions may motivate
bacterial growth by participating in intracellular metabolic processes [37,70], explaining the
lag time values obtained for S. aureus. Moreover, the degradation of Zn alloys ensembles a
complex combination of reactions, where the formation of by-products and the pH changes
may also affect bacterial behaviour and not only as a direct consequence of the Zn?* or Ag*

release from their degradation.

The antibacterial effect by contact with the surfaces was evaluated with S. aureus and E. coli
adhesion after different adhesion timepoints. The observed increase of the CFU for both strains
from 1 h to 2 h was attributed to the longer time the bacteria had to properly adhere to the

surfaces (Fig. 9).

The initial biofilm was formed onto the pure Zn surface after 2 h of culture with S. aureus (Fig.
11a) and disappeared after 24 h (Fig. 12), indicating that bacteria could not grow and proliferate
and hence, explaining the decreased counted CFU (Fig. 9a). Likewise, the CFU of Zn-2Ag and
Zn-4Ag was reduced with time. Thus, the degradation of the samples and the percentage of Ag

of the studied alloys, might play a fundamental role in bacterial proliferation.

After 24 h, SEM images showed lower S. aureus adhesion attached to the Zn-2Ag surface than
to pure Zn, indicating that Ag promoted antibacterial activity at longer times by contact and
not by ion diffusion (Fig. 12a, c). However, SEM images of Zn-4Ag after 24 h of S. aureus
adhesion showed a relatively high number of adhered bacteria probably due to the obtained
rough surface after corrosion (Fig. 12e). This was confirmed by SEM images of the surface
after cleaning which revealed severe degradation with notable corrosion pits. The tendency of
bacteria to attach to rough surfaces and to infiltrate into complex structures has been previously
reported [71,72]. Here, the corrosion pits could act as a channel or tunnel in which bacteria
could penetrate, leading to undesired bacterial adhesion on the Zn-4Ag. Since no S. aureus
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could be counted (Fig. 9a), it seemed that the bacteria were adhered to and then Kkilled,
confirming an antibacterial effect by contact. Furthermore, the excellent antibacterial effect of
Zn-2Ag at this point may be also related to the homogeneously degraded surface without
important surface defects (Fig. 12d), in contrast with the corrosion pits observed on the Zn
surface (Fig. 12b).

Similar mechanisms were observed for Zn-4Ag cultured with E. coli. After 2 h, the localized
degradation of the sample (Fig. 13f) resulted in a higher number of bacteria attached in
comparison with the Zn-2Ag (Fig. 9b). Therefore, an excessive Ag content in the Zn alloy
composition may have undesired effects, since the degradation and the irregularities due to
corrosion would be used as anchorage points for bacteria. Finally, a large amount of
degradation products formed (Fig. 12 and Fig. 14) were attributed to zinc carbonates, oxides,

phosphates, and chlorides were found as degradation by-products [57].

V. Conclusions

This work evaluated Zn-2Ag and Zn-4Ag alloys as potential materials for bioresorbable
ureteral stents. The grain refinement and the precipitation of the AgZns phase in the alloys
enhanced the UTS, YS, and elongation at fracture with respect to pure Zn via precipitation
hardening; however, the higher volume fraction in Zn-4Ag led to the slight softening of the
material. The refined microstructure of the Zn-2Ag compared with the pure Zn increased the
corrosion protection, and the powerful galvanic pair between AgZnsz and Zn phases in Zn-4Ag
accelerated the degradation. Finally, the antibacterial effect of Zn-Ag alloys was attributed to
the contact of bacteria with the Ag-containing surfaces. However, the aggressive degradation
of Zn-4Ag led to ineffective antibacterial activity where the bacteria infiltrated the corrosion
pits and accumulated onto the degradation products. Overall, the Zn-2Alloy presented
enhanced mechanical properties and antibacterial activity against both S. aureus and E. coli.
However, its microstructure refinement or the implementation of protective coatings should be

explored to avoid galvanic corrosion for further biomedical applications.
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Chapter III. Implementation of dual-action coatings to
control degradation and enhance endothelialisation of Zn
alloys

Objective

To control degradation and enhance endothelialisation of Zn-0.5Mg and Zn-2Ag alloys
by implementing a PCL coating and functionalizing the surfaces with RGD, REDV, and
RGD-REDV peptide sequences.

Graphical abstract

1. PCL coating

£-CL cold plasma-polymerization Spin coating of PCL
100 W, 0.5 mbar, 2h PCL 5% (wiv) 5000 rpm
in chloroform ON in'fume hood
PP-PCL —
Zn-0.5Mg, Zn-2Ag T T -r
Deposition Spinning Curing
2. Peptide functionalization
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Surface activation Activation of Peptide immobilization
—COOH groups = RGD, REDV, RGD/REDV

@,

Physicochemical characterization

FIB/FESEM
« Adhesion strength
«  Wettability
» XPS analysis

HUVEC adhesion

Corrosion behavior in DMEM
solution: PDP, EIS

Main results

This chapter presents a well-adhered PCL coating that provides proper corrosion
protection and surface stability to ZnMg and ZnAg alloys, allowing peptide
immobilization on the surfaces. All the functionalized surfaces presented improved cell
adhesion and spreading, where the RGD-REDV platform stands out by exhibiting the
highest HUVEC number, demonstrating the synergistic effect of RGD and REDV
peptides.
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I. Introduction

The insufficient radial strength of Zn recommends alloying it with other elements (e.g.,
silver (Ag) or Mg) for mechanical reinforcement via precipitation hardening [4-6].
Nevertheless, the formation of secondary phases affects corrosion behaviour since the
different degradation rates of the Zn matrix and secondary phases lead to the formation
of galvanic pairs, breaking the homogeneous corrosion behaviour of Zn [7].
Consequently, this localized corrosion may lead to the cracking of the implant and, thus,
undermine the reinforcement effect of the alloying. Moreover, the initial surface
degradation leads to surface instability that inhibits endothelial cell adhesion and the
subsequent desired endothelialisation [8]. Therefore, implementing protective coatings
with pro-endothelialisation peptides could enhance the biological response of
biodegradable Zn alloys by delaying surface degradation and thus maintaining surface

morphology and stability during the endothelialisation process.

Polymeric coatings, usually based on polylactide (PLA), polyglycolide (PGA), or
polycaprolactone (PCL), have been reported to act as a non-toxic corrosion barrier for
biodegradable Mg [20-24]. Their interest also relies on their ability to encapsulate and
deliver drugs and their capacity to attach bioactive molecules [25]. Indeed, PCL is a well-
known biodegradable polymer already used in several biomedical applications, such as
soft tissue engineering, drug delivery systems, or wound closure devices [26-28]. PCL
has been considered a potential biodegradable coating to reduce Mg corrosion by
protecting the underlying metallic surface from the body fluids [22,29]. Its adequate
protection ability and the possibility to obtain a thin coating without significant
modification of the stent strut thickness are of great interest for cardiovascular
applications. Besides, the PCL could reduce platelet adhesion and the associated risk of
LST [30,31]. Nevertheless, the lack of cell-specificity adhesion of the PCL coating
requires another strategy (i.e., functionalisation) to enhance surface endothelialisation.

Functionalisation of biodegradable polymers has been extensively studied through
proteins [32,33], growth factors [34], and peptides [35,36]. Among them, cell adhesion
biomolecules such as laminin [37], fibronectin [38], and peptides that originated from
them [39—41] are of great interest since they accelerate early adhesive events. The most
commonly used peptide is the RGD (Arg-Gly-Asp) sequence, which is identified in

fibronectin and other proteins of the extracellular matrix, and has been thoroughly
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investigated for improving cell adhesion on biomaterials [30,42,43]. Other peptides, such
as the REDV (Arg-Glu-Asp-Val) motif, have been used to promote endothelial cell
adhesion over platelet adhesion onto inert substrates [44]. However, the optimal peptide
configuration and its surface distribution to foster endothelialisation have not been
elucidated yet, and no studies have been reported for the direct functionalisation of

biodegradable metallic surfaces due to their degradation.

Thus, the present study explores a novel strategy for corrosion control and
endothelialisation enhancement. To this end, Zn-Mg and Zn-Ag alloys were coated by
PCL and later functionalised with RGD, REDV, and dual peptidic platform combining
RGD-REDV sequences. The PCL coating was produced after e—caprolactone (e—CL)
polymerization and spin-coating. The peptides were synthesized by solid-phase synthesis
and immobilized onto the surfaces by 1-ethyl-3-(3-dimethylaminopropyl)carbodiimide
and N-hydroxysuccinimide (EDC/NHS) chemistry. The corrosion protection was
evaluated by potentiodynaic polarization (PDP) and electrochemical impedance
spectroscopy (EIS) tests. Finally, human umbilical vein endothelial cells (HUVEC)
adhesion was assessed in vitro, revealing improved features with respect to non-

functionalised Zn alloy.

II. Materials and Methods

II.1. Sample preparation

I1.1.1. ZnMg and ZnAg substrates

Zn-0.5Mg (0.5 wt. % Mg) and Zn-2Ag (2 wt. % Ag) alloys were provided by Goodfellow
(UK) in rods of 10 mm diameter. The rods were cut into 2.5 mm thick discs, and abraded
with silicon carbide grinding papers (P800, P1200, P2500, and P400 from Neuertek S.A.,
Spain). Prior to surface treatments, samples were ultrasonically cleaned with absolute
ethanol (Sigma Aldrich, USA). For simplification, Zn-0.5Mg and Zn-2Ag alloys were
named as ZnMg and ZnAg. All the sample codes used in the paper are included in Table
1.

I1.1.2. Polycaprolactone (PCL) coating
Biodegradable metals were plasma polymerized before the spin-coating of PCL to
overcome the usual low stability of polymeric coatings on metallic surfaces. The plasma
polymerization pre-treatment was carried out in two steps. First, surfaces were O, plasma
activated with constant Oz flux (O2 5.0, PRAXAIR, Spain) for 10 min (0.5 mbar, 150 W).
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Secondly, a PCL nanolayer was formed by &—CL polymerization via cold-plasma
polymerization using a low-pressure radiofrequency plasma (13.56 Hz) (Standard Femto
Plasma System, Diener, Germany). Polymerization was achieved through Ar (Ar 5.0,
PRAXAIR, Spain) bubbling into e-<CL monomer in liquid phase for 2 h (0.5 mbar, 100W)
[45]. Pre-treated samples exposed to the plasma polymerization process were named as
PP-ZnMg and PP-ZnAg (Table 1).

Subsequently, PCL (Purasorb PC12, Corbion, Spain) with a molecular weight of 70.000
—90.000 g/mol was dissolved in chloroform at 5.0 wt. % and stirred by a high-speed
mixer at 2000 rpm for 2 minutes. The polymer film was obtained by spin coating (WS-
400-6NPP Spin Coater, Laurell Technologies, USA) at 5000 rpm and 4000 rpm/s for 30
s. The spin-coating of the polymer solution was applied twice, with 10 min drying in a
fume hood between repetitions. Spin-coated samples were dried in a fume hood for at
least 24 h before testing to ensure total chloroform evaporation. Samples subjected to the
plasma polymerization pre-treatment and posterior spin coating were coded as SC-ZnMg
and SC-ZnAg (Table 1).

Table 1. Processes applied to ZnMg and ZnAg alloys. Sample codes used in the paper are
indicated. PP: plasma polymerization. SC: spin coating.

Sample Process Code
None ZnMg
PP PP-ZnMg
PP +SC SC-ZnMg

Zn-0.5M8 | b 4 SC + functionalisation with RGD SC-ZnMg-RGD

PP + SC + functionalisation with REDV SC-ZnMg-REDV
PP + SC + functionalisation with RGD-REDV SC-ZnMg-RGD-REDV
None ZnAg
PP PP-ZnAg

Zn-2Ag PP +SC S _ SC-ZnAg
PP + SC + functionalisation with RGD SC-ZnAg-RGD
PP + SC + functionalisation with REDV SC-ZnAg-REDV
PP + SC + functionalisation with RGD-REDV SC-ZnAg-RGD-REDV

I1.1.3. Solid-phase peptide synthesis
RGD and REDV peptide sequences and the RGD-REDV platform were synthesized as
previously described [46,47]. In brief, Fmoc Rink-amide MBHA resin (200 mg, 0.74
mmol g1) was used as solid support for solid-phase peptide synthesis following the
Fmoc/tBu strategy. Deprotection steps and washings between couplings were carried out
with N,N-dimethylformamide (DMF), and dichloromethane (DCM). Solvents and soluble
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reagents were removed using a vacuum filtration system. All reactions and treatments
were performed at room temperature (RT). Couplings were monitored using the Kaiser
test and reverse-phase high-performance liquid chromatography (RP-HPLC) analysis.
Before cleavage, the free N-terminus was either acetylated (Ac) or reacted with 5(6)-
carboxyfluorescein (CF) to obtain fluorescent analogues for physicochemical
characterization assays. Acetylated peptides were purified by semipreparative RP-HPLC
running linear gradients from 0 % to 40 % ACN over 40 min. The purified peptides were
characterized by analytical RP-HPLC and MALDI-TOF (Matrix Assisted Laser

Desorption lonization - Time of Flight) as follows:

RGD Ac-Arg-Gly-Asp-Ser-PEG-PEG-Lys-Lys-NH: RP-HPLC (0 — 40 % ACN over 15
min, tr = 4.335 min, purity 96.2 %), MALDI-TOF (m/z calcd. for C41H76N14016, 1021.13;
found, 1021.58).

CF-RGD CF-Arg-Gly-Asp-Ser-PEG-PEG-Lys-Lys-NH.: RP-HPLC (5 — 100 % ACN
over 8 min, tr = 6.382 min, purity 86.9 %), MALDI-TOF (m/z calcd for CeoHgaN14021,
1337.39; found, 1338.65).

REDV Ac-Arg-Glu-Asp-Val-PEG-PEG-Lys-Lys-NH2: RP-HPLC (5 — 100 % ACN over
8 min, tr = 5.572 min, purity 90.2 %), MALDI-TOF (m/z calcd for CssHgaN14O17,
1105.24; found, 1105.64).

CF-REDV CF-Arg-Glu-Asp-Val-PEG-PEG-Lys-Lys-NH2: RP-HPLC (5 — 100 % ACN
over 8 min, tr = 6.557 min, purity 79.5%), MALDI-TOF (m/z calcd for CesHo2N14022,
1421.51; found, 1422.65).

RGD-REDV [(Ac-Arg-Gly-Asp-Ser-PEG-PEG) (Ac-Arg-Glu-Asp-Val-PEG-PEG)]-
Lys-BAla-Lys-Lys-NH2: RP-HPLC (5 — 95 % ACN over 3 min, tr = 1.115 min, purity
93.2 %), MALDI-TOF (m/z calcd for Cg4H150N26033, 2052.24; found, 2052.04).

CF-RGD-REDV  [(Ac-Arg-Gly-Asp-Ser-PEG-PEG)  (CF-Arg-Glu-Asp-Val-PEG-
PEG)]-Lys-BAla-Lys-Lys-NH.: RP-HPLC (5 — 100% ACN over 8 min, tr = 6.390 min,
purity 59.5 %), MALDI-TOF (m/z calcd for C103H158N2603s, 2368.51; found, 2369.03).

I1.1.4. Surface functionalisation of the PCL spin-coated samples with
peptides
The functionalisation of the spin-coated samples with the synthesized peptides was

carried out in three steps, as described in Fig. 1. (i) Surfaces were first activated with O>
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plasma using a low-pressure radiofrequency plasma, as described in Section 11.1.2. (ii)
The generated carboxylic groups were then activated with 0.1 M 1-ethyl-3-(3-
dimethylaminopropyl)carbodiimide (EDC) and 0.2 M N-hydroxysuccinimide (NHS), at
pH 6.5 for 15 minutes. Samples were subsequently rinsed with Milli-Q water. (iii) RGD
and REDV linear peptides and the RGD-REDV platform were dissolved in Milli-Q water
at 100 uM and covalently immobilized to the samples by depositing 50 pL of the peptide
solution onto the surface for two hours at RT. Finally, biofunctionalised surfaces were
cleaned with Milli-Q water and dried with N2 gas flow (N2 5.0, PRAXAIR, Spain).
Functionalised samples were coded as sample-peptide: SC-ZnMg-RGD, SC-ZnAg-RGD,
SC-ZnMg-REDV, SC-ZnAg-REDV, SC-ZnMg-RGD-REDV, and SC-ZnAg-RGD-
REDV (Table 1).

| | | |
T T T T
53353 5588 333
3 383 58885 8888
Surface activation Activation of Peptide immobilization
—COOH groups = RGD, REDV, RGD/REDV

Fig. 1. Surface functionalisation of spin-coated samples with the synthesised peptides: (i) surface
activation, (ii) activation of the .COOH functional groups, yielding an active ester -COOX and
(iii) immobilization of the peptide sequences by formation of an amide bond between the active
esters and the amino-anchoring units of the peptides.

I1.2. Physicochemical characterization of PCL-coated and
functionalised surfaces
The morphology and thickness of the PCL coatings onto Zn surfaces were observed by
dual beam focused ion beam/field emission scanning electron microscope (FIB/FESEM)
(Neon40 Crossbeam™, Zeiss, Germany). A platinum (Pt) protective layer was laid down
using electron-beam-induced Pt deposition and following ion-beam-induced Pt
deposition. Then, a 10 nA ion current was applied to remove the material to a certain
depth and lowered to 2 nA to approach the Pt layer. The final polishing step was
performed at 500 pA to obtain a flat cross-section face. All measurements were hardware
corrected for the sample tilting. Afterward, the thickness coating was measured by
SmartTiff software (Zeiss, Germany).

Scratch tests were carried out with an MTS Nanoindenter XP with a Berkovich diamond
tip. The scratch length was 500 um, and the applied load was linearly increased from 0 to
5 mN. After the test, the specimens were visually inspected by SEM.
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The surface wettability of non-coated and spin-coated surfaces was evaluated. In addition,
activated surfaces were tested to confirm the activation steps required in the PP pre-
treatment (Section 11.1.2), and in the peptide functionalisation (Fig. 1,i). To this end, the
sessile drop method was performed using a Contact Angle System OCA15 plus
(Dataphysics, Germany). Static Contact Angles (SCA) measurements were performed
with a 3 pL ultrapure Milli-Q water drop at RT. SCA was calculated using Laplace-
Young fitting with SCA20 software (Dataphysics, Germany).

Surface chemical composition analysis was performed by X-ray photoelectron
spectroscopy (XPS) (SPECS Surface Nano Analysis GmbH, SPECS, Germany) using an
XR50 Al anode source at 150W (10 kV) and a Phoibos 150MCD-9 detector at a working
pressure below 5 x 10 mbar. An MCD-9 detector was used as an electron detector with
a take-off angle of 90 ° relative to the surfaces. The pass energy was fixed at 20 eV with
0.1 eV steps and 1 eV steps for high resolution and survey spectra, respectively. The
relative elemental composition of the Zn 2p, C 1s, O 1s, and N 1s elements were analysed
by Casa XPS 2.3.19PR1.0 software (Casa Software Ltd, UK). The deconvolution of the
C 1s spectra was performed for the plasma-polymerized and the spin-coated samples. All
peaks were referred to C1s at 284.4 eV for calibration. Peptide coverage on the different
surfaces was visualized by fluorescence microscopy (Nikon E600, Tokyo, Japan) using
the CF-labelled peptides.

I1.3. Corrosion evaluation
Electrochemical analysis was performed with a PARSTAT 2273 potentiostat/galvanostat
(Princeton Applied Research, USA) in Dulbecco's Modified Eagle Medium (DMEM)
solution at 37 £ 1 °C and pH 7.4 + 0.1. A three-electrode electrochemical cell with the
sample as the working electrode, a saturated calomel electrode (SCE) as the reference
electrode, and a Pt electrode as the counter electrode was used.

Potentiodynamic polarization (PDP) scans were performed after 30 minutes of
immersion, from -1.4 to -0.6 V, against the open circuit potential (OCP) at a scan rate of
1 mV/s, following ASTM G5-14 [48]. The corrosion current density (icorr) (LA/cmM?) and
the corrosion potential (Ecorr) (V) were estimated by Tafel extrapolation of the cathodic

branch of the obtained polarization curves with Origin 2020 software (OriginLab, USA).

Electrochemical impedance spectroscopy (EIS) measurements were carried out at 6 and

48 h after immersion and recorded over the frequency range of 10° to 102 Hz and at an
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AC amplitude of 10 pA.rms. The EIS data were analysed using equivalent circuit

modelling (ZSimpWin v3.21 software, Princeton Applied Research).

11.4. Endothelial cell adhesion
Human umbilical vein endothelial cells (C-12203 HUVEC-c pooled, PromoCell GmbH,
Germany) were cultured under standard conditions (humidified atmosphere, 5 % CO>
(v/v), 37 £ 1 °C) in endothelial cell growth media ready-to-use (C-22010, Promocell,
Germany) in Nunc tissue culture flasks (Thermo Fisher Scientific, US) and passaged
when reached 80 — 90 % confluence. Cells were isolated on culture flasks by two minutes
of 1 mL-trypsinization (Trypsin/EDTA, Sigma-Aldrich, US) at standard conditions and
resuspended in cell growth medium and 10 % FBS (v/v) for trypsin neutralization. Cells
were used for experiments in passages 7-9. Cell number and spreading of adhered cells
were analysed to determine the efficiency of the surface biofunctionalisation. To this end,
HUVEC in culture were isolated, stained with Green CMFDS C7025 CellTracker™
(Thermo Fisher Scientific, US) for 20 minutes, and passaged. Next, HUVECs were
seeded at a density of 15.000 cells per disk. After 6 h of incubation at 37 °C, samples were
rinsed twice with the medium to remove the non-adherent cells. Adhered cells were then
fixed for 30 minutes with 4% (w/v) paraformaldehyde (PFA, Sigma Aldrich, USA) and
rinsed with DMEM solution (3 x 5 minutes). Samples were permeabilized with 500
pL/disk of 0.05% (w/v) triton X-100 in distilled water for 15 minutes and were washed
with distilled water (3 x 5 minutes). Disks were mounted on microscope slides with
Mounting Medium with DAPI ab104139 (Abcam, UK) and observed by fluorescence
microscopy (Nikon E600, Tokyo, Japan). The number and spreading of attached cells

were assessed using ImageJ software (National Institutes of Health, MD).

IL.5. Statistical analysis
The experimental data collected in this study were reported as mean + standard deviation
(SD). Unless previously specified, all the characterization was performed with n = 3
samples for each specimen. The statistical analysis was performed using Minitab
Statistical software (Minitab Inc., USA). A Shapiro-Wilk normality test determined if the
data set followed a normal distribution. Equality of variance test (ANOVA) or a non-
parametric test (Kruskal-Wallis test) determined the statistically significant differences in

normally or non-normally distributed data, respectively (p-value < 0.05 for all tests).
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III. Results

I11.1. Physicochemical characterization of PCL coating

IL.1.1. PCL coating thickness
Fig. 2 shows the FIB/FESEM images of the plasma-polymerized and the spin-coated
samples after cross-section to evaluate the thickness of the PCL coating. The plasma-
polymerized samples exhibited a PCL nanolayer (Fig. 2a,d) with a thickness lower than
25 nm (Fig. 2b, e). As expected, a thicker and homogeneous coating was obtained after
the PCL spin-coating, with values of 781 + 45 nm thickness for SC-ZnMg (Fig. 2c¢) and
691 + 23 nm for SC-ZnAg (Fig. 2f).

PP-samples SC-samples

*k
e Ap 2 O L
200 nm ol

Fig. 2. Thickness evaluation of the PCL coatings by FIB/FESEM: (a, b) PP-ZnMg, (c) SC-ZnMg,
(d, ) PP-ZnAg, and (f) SC-ZnAg. * = ion-beam Pt deposition. ** = electron-beam Pt deposition.

I1L.1.2. Adhesion strength of the PCL coating
A scratch test was performed to determine the adherence of the PCL coating to the studied
Zn alloys. Fig. 3 shows the scratches after the assay onto the spin-coated series. No PCL
delamination or detachment was detected for any surface, indicating that PCL firmly

adhered to the metallic surfaces.

Fig. 3. Results of the scratch test: Qualitative SEM images of the scratch area produced onto (a)
SC-ZnMg and (b) SC-ZnAg alloy. Right images provide a higher magnification of the analysed
samples (green squares) Scale bar (left): 100 um. Scale bar (right): 10 um.
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I11.1.3. Wettability

The wettability of the different studied surfaces was studied through SCA measurements.
The SCA values of the untreated alloys were 88.4 + 3.9° for ZnMg, and 83.3 + 1.5° for
ZnAg. The activation in the plasma polymerization process was verified by SCA values
<1° for the activated Zn-Mg and Zn-Ag alloys, manifesting an extensive increase in the
available oxygens on the surfaces. After PCL spin coating, the SCA of SC-ZnMg and SC-
ZnAg samples were 88.3 £ 1.1° and 89.5 = 2.1° respectively. Finally, a significant
increase of wettability was detected on the spin-coated surfaces after O, plasma
activation, with 58.0 £ 2.1° value for the activated SC-ZnMg alloy and 57.6 + 1.7° for the
activated SC-ZnAg alloy.

111.1.4. XPS analysis
The atomic ratios of the most significant elements (Zn, C, N, O) on the investigated
surfaces are shown in Table 2. XPS analysis revealed the presence of Zn, C, and O on all
surfaces. Plain ZnMg and ZnAg samples presented a substantial percentage of oxygen
attributed to the natural passivation layer of the metals. Carbon was also detected on the
non-coated surfaces, probably due to atmospheric contamination of the samples. PP-
ZnMg and PP-ZnAg showed a decrease in the Zn 2p atomic ratio along with an increase
of both C 1s and O 1s, confirming the shielding of the Zn alloys due to the presence of
the PCL layer. The significant reduction of the Zn 2p signal (<0.2 %) after the spin
coating, together with the increasing atomic ratio of C 1s up to ~ 80 % process, confirmed
the presence of a much thicker PCL coating in SC-ZnMg and SC-ZnAg samples.
Furthermore, all peptide-functionalised series presented N 1s on their surfaces,
corresponding to the amide bonds and side chains of the immobilized peptide sequences.

Of note, nitrogen was not detected for the other conditions.

To further characterize the coating process of plasma-polymerized and spin-coated series,
high-resolution C 1s XPS spectra were studied (Fig. 4a-d). The C 1s XPS peak of the
plasma-polymerized samples (Fig. 4a, b) was deconvoluted into four peaks attributed to
C-C/C-H (C1), C-OH/C-0 (C2), C=0 (C3), and O=C-0 (C4) [49,50]. Only three peaks
were detected in the case of SC-ZnMg and SC-ZnAg, corresponding to C1, C2, and C4.
Moreover, the atomic concentration of assigned carbons included in Fig. 4e confirmed

the presence of the PCL layer.
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Table 2. Percentage atomic ratios (%) of the more significant elements of the different surfaces.

N.D.: non-detected.

Surface Zn2p C1ls O1s N 1s
ZnMg 49.09 +4.36 8.52+1.11 42.40 £ 3.25 N.D.
ZnAg 55.61+5.51 9.49 +2.62 34.91 +2.89 N.D.

PP-ZnMg 13.25+0.54 | 29.66+4.36 | 57.10+3.82 N.D.
PP-ZnAg 16.99+155 | 1890+8.49 | 64.10+£6.94 N.D.
SC-ZnMg 0.04 £ 0.01 83.72+0.03 | 16.25+0.04 N.D.
SC-ZnAg 0.04 £ 0.03 83.44+0.21 | 16.52+0.18 N.D.
SC-ZnMg-RGD 0.16 + 0.05 81.96+1.22 | 16.98+0.93 | 0.91+0.34
SC-ZnAg-RGD 0.14 +0.03 82.69+165 | 1578+1.39 | 1.40+0.43
SC-ZnMg-REDV 0.12+0.04 82.65+185 | 1580+1.58 | 1.45+0.31
SC-ZnAg-REDV 0.19 £ 0.02 82.07+£095 | 16.52+0.30 | 1.24+0.67
SC-ZnMg-RGD-REDV 0.53+0.10 79.79+245 | 1850+220 | 1.19+0.35
SC-ZnAg-RGD-REDV 0.84 +0.07 7720+£221 | 19.89+2.26 | 2.07+0.02
C1 PP-ZnMg C1 PP-ZnAg
a /\ C1 284.71 b N C1 284.60
C2 286.26 C2 286.25
[y C3 287.06 / \ C3 288.00
/ C4 288.99 ‘ \ C4 289.37
/ \\ )'/ \ C4
’ ‘ C4 ) a
C2 \ N 2N\ 7
J L3 J e
281 283 285 287 289 291 203 281 283 285 287 289 291 293
Binding Energy (eV) Binding Energy (eV)
c c1; SC-ZnMg d C1% SC-ZnAg
7\ C1 285.34 { C1 285.85
/ C2 286.69 | C2 287.31
C4 289.34 C4 289.84
c2) C4 I CAN C4
/ 3 ‘,”‘ \ / P "

281 283 285 287 289 291 293 281 283 285 287 289 291 293
Binding Energy (eV)

Binding Energy (eV)

Sample C1% C2% C4%
SC-ZnMg 65.58 21.85 12.56
n SC-ZnAg  68.87 19.47 11.66

Fig. 4. High-resolution C 1s XPS spectra of the surfaces after plasma polymerization: (a) PP-
ZnMg, and (b) PP-ZnAg; and surfaces after spin-coating: (c) SC-ZnMg, and (d) SC-ZnAg. (e)
PCL chemical formula and quantitative analysis of C 1s XPS spectra of spin-coated samples.
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II1.1.5. Surface characterization of RGD, REDV, and RGD-REDV
biofunctionalised surfaces
The fluorescent images of the surfaces functionalised with the CF-labelled peptides are
shown in Fig. 5. The results confirmed the XPS data and demonstrated the successful
immobilization of the peptides over the surfaces. As expected, no fluorescent signal was
detected for the SC-ZnMg and the SC-ZnAg samples.

SC-ZnMg SC-ZnMg-CF-RGD  SC-ZnMg-CF-REDV SC-ZnMg-CF-RGD-REDV
SC-ZnAg SC-ZnAg-CF-RGD SC-ZnAg-CF-REDV SC-ZnAg-CF-RGD-REDV

Fig. 5. Fluorescent images of functionalised samples with synthesised CF-labelled peptides and
the non-functionalised controls. Scale bar: 500 um.

I11.2. Corrosion evaluation

I1L.2.1. Potentiodynamic polarization test
Fig. 6 shows the potentiodynamic curves obtained from the PDP test, and the calculated
corrosion parameters are listed in Table 3. As presented in Fig. 6, no relevant corrosion
protection was observed by plasma-polymerized samples compared to the untreated
surfaces for both of the studied alloys. On the contrary, for both SC-ZnMg and SC-ZnAg
samples, the implementation of the PCL coating implied a noticeable displacement of the
potentiodynamic curves to minor current density values. The current density decreased
from 18.75 + 6.10 uA/cm? for ZnMg down to 0.21 + 0.09 pA/cm? for SC-ZnMg; and
from 18.20 + 0.08 pA/cm? for ZnAg down to 0.24 *+ 0.05 pA/cm? for SC-ZnAg.
Moreover, the PCL coating shifted the E values in the positive direction, indicating that

the coating delayed the corrosion of the alloys.
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- ZnMg - PP-ZnMg — SC-ZnMg - ZnAg - PP-ZnAg - SC-ZnAg
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Fig. 6. Potentiodynamic curves obtained from the PDP test of ZnMg, PP-ZnMg, and SC-ZnMg
series (left) and ZnAg, PP-ZnAg, and SC-ZnAg series (right). Similar curves were obtained for
bare alloys and PP surface series, indicating no difference in corrosion behaviour for these
conditions.

1E-9

Table 3. Corrosion parameters (E (V), i (WLA/cm?)) calculated from PDP test of bare and coated
ZnMg and ZnAg alloys.

Zn-Mg system
Sample ZnMg PP-ZnMg SC-ZnMg
E (V) -1.171 £ 0.016 -1.170+£0.018 -1.128 £ 0.011
i (WA/Cm?) 18.75 + 6.10 13.18 +5.44 0.21 + 0.09
Zn-Ag system
Sample ZnAg PP-ZnAg SC-ZnAg
E (V) -1.202 + 0.030 -1.193 £ 0.002 -1.125 £ 0.011
i (MA/Cm?) 18.20 +0.08 12.43+1.97 0.24 +0.05
I11.2.2. Electrochemical Impedance Spectroscopy

Fig. 7 shows the most representative Nyquist and Bode plots and the equivalent circuits
(EC) used for the fitting. Constant-phase elements (CPE) are typically introduced in
experimental EIS measurements substituting conventional capacitors to provide an
adequate fitting of the experimental systems [51,52]. The plots obtained for ZnMg and
ZnAg through the immersion time were fitted to the EC models depicted in Fig. 7e.i-ii.
The EC presented in Fig. 7e.i models a porous corrosion layer used to describe the
irregular corrosion layer formed in bare metals when immersed into a solution [53]. The
EC components are the following: the resistance of the solution (Rs); the capacitance of
the corrosion film (CPEcr); the solution resistance inside the pores (Rp); the capacitance

of the metal-solution interface at the pores (CPEp); and the charge-transfer resistance
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(Rct). The EC shown in Fig. 7e,ii includes the so-called Warburg impedance (W), a

particular CPE usually used to describe mechanisms regulated by diffusion [54].

After 6 h of immersion in DMEM solution, the Nyquist plots of ZnMg (Fig. 7a) and ZnAg
(Fig. 7c) exhibited one capacitive loop and a linear region, revealing the presence of a
layer and diffusion mechanisms (data fitted in Fig. 7e,ii). Here, the layer responds to the
known passivation layer formed onto metallic surfaces when entering into contact with
the surrounding media [7,54], and the W element represents the diffusion of metallic ions
through the solution due to the initial corrosion of the sample. Corrosion behaviour
changed after 48 h of immersion, with the EIS plots better fitted to Fig. 7e,i, where any
diffusion mechanism took place. The absolute impedance (|Z|) values of ZnAg were 7.9
kQ-cm? at 6 h and 16.6 kQ-cm? at 48 h for ZnAg, higher than |Z| for ZnMg, with 5.5
kQ-cm? and 12.4 kQ-cm? at 6 h and 48 h, respectively.

Fig. 7a, ¢ includes the Nyquist plots of SC-ZnMg and SC-ZnAg, respectively. For every
time point, both samples exhibited two capacitive loops indicating the presence of a
double layer. After 48 h of immersion, the Nyquist plots fitted to the EC depicted in Fig.
7e,iii. This EC describes the presence of a double layer which includes the outer layer
resistance (Ror) and capacitance (CPEoL); and the inner layer resistance (Ri.) and
capacitance (CPE,L). In our case, the outer layer corresponds to the PCL coating, and the
inner layer refers to the underneath metallic surface. SC-ZnMg presented higher |Z| than
SC-ZnAg (56.4 kQ-cm? and 23.7 kQ-cm?, respectively). Some diffusion mechanisms
were observed for spin-coated samples after 6 h of immersion, possibly due to the
adsorption of species in solution onto the polymeric surface. The |Z| of both SC-ZnMg
and SC-ZnAg at 6 h was around 30 kQ-cm?.

The Bode plots depicted in Fig. 7b, d clearly show the increasing |Z| of the spin-coated
samples compared with the uncoated alloys: from around 15 kQ-cm? for both alloys to
almost 60 kQ-cm? for ZnMg and 30 kQ-cm? for ZnAg, confirming that the PCL coating

provides corrosion protection to the samples.
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Fig. 7. EIS evaluation of the bare and the spin-coated alloys after 6 and 48 h immersion in DMEM
solution. (a) Nyquist and (b) Bode plots for the ZnMg and SC-ZnMg samples; and (c) Nyquist
and (d) Bode plots for the ZnAg and SC-ZnAg samples. (e) Equivalent circuits used for the fitting:
(i) Porous corrosion layer. (ii) Porous corrosion layer with diffusion mechanisms. (iii) Double
layer. In Bode plots (b, d), filled symbols are the absolute impedance, and empty symbols indicate

the phase angle.

I11.3. In vitro biocompatibility
The microscopy fluorescent images of the adhered HUVEC onto the studied surfaces after

6 h, together with the quantification of cell number and area are presented in Fig. 8 and

Fig. 9, respectively.
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Fig. 8. Fluorescence images of adhered HUVEC on ZnMg and ZnAg modified surfaces after 6 h.
Cells were previously stained with CellTracker Green before cell seeding. Cell nuclei were
stained with DAPI (blue) before observation. Yellow arrows indicate the initial formation of
tubular-like structures.

ZnMg, ZnAg, and spin-coated surfaces exhibited rounded-shape cells with no statistical
differences regarding cell number (Fig. 9a) or spreading (Fig. 9b) between them. In
contrast, the biofunctionalised surfaces significantly enhanced HUVEC adhesion and

spreading.

Of note, functionalised surfaces improved HUVEC adhesion with a fold change >5
compared with SC-ZnMg and SC-ZnAg surfaces (Fig. 9a). In particular, SC-ZnMg-
RGD-REDV and SC-ZnAg-RGD-REDV presented the highest number of adhered cells,
indicating a higher effect for the RGD-REDV system compared to the presentation of the
single peptides. On the other hand, cell area showed no significant differences between
the samples functionalised with RGD, REDV, or RGD-REDV peptides, with,
nonetheless, an average of 4-fold change increase compared with the spin-coated series
(Fig. 9b).
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Fig. 9. Quantitative parameters of HUVEC adhesion on ZnMg and ZnAg modified surfaces after
6 h: (a) cell number and (b) cell area. Bars designated with different letters (a, b, ¢) denote
statistically significant differences (p<0.05) between groups.

1VV. Discussion

Among the existing biodegradable metals, Zn-based alloys present an adequate
degradation rate, between 0.02 — 0.05 mm/year under physiological conditions, to be used
for cardiovascular stents [4]. However, several studies underline the local toxicity of Zn
as a consequence of the initial surface degradation of the material [8,55]. Besides, its
surface degradation hinders cell adhesion, delaying the biointegration of the stent [7].
Therefore, different surface treatments have been applied to manage the initial
degradation of Zn alloys [15,56,57]. PCL coatings have been previously implemented as
a corrosion barrier to biodegradable Mg alloy surfaces [20] while providing a tuneable
surface for drug loading or functionalisation with other molecules [25]. Nevertheless, the
different nature between polymers and Mg generally leads to weak interfacial adhesion
that might result in coating delamination [58,59]. To overcome this limitation, direct
polymerization onto the metallic substrate has been reported to improve the interfacial
adhesion of biodegradable polymer coatings on metal surfaces [60]. In this regard,
wettability measurements on the activated alloys verified the extensive surface-oxygen
bond formation in the PP pre-treatment, providing the required bonding sites to the PCL

nanolayer.

In this work, an 800 nm homogeneous PCL coating was obtained for both SC-ZnMg and
SC-ZnAg samples after a three-step process: (1) O2 plasma surface activation; (2) e-CL
plasma polymerization; and (3) PCL spin-coating. PP pre-treatment provides a PCL

nanocoating adhered to the metallic surfaces [45]. After polymerization, the polymeric
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surfaces are adequate for the spin coating of a thicker PCL layer. The detected C 1s in
bare samples may be related to some contamination of the metallic surfaces. High-
resolution C 1s XPS spectra of the spin-coated samples in Fig. 4c,d showed the C1, C2,
and C4 peaks corresponding to PCL [49]. Moreover, Fig. 4e showed that their relative
concentrations followed the descending order C1, C2, and C4, in line with the PCL
chemical formula, verifying the presence of the PCL layer on both alloys. The C3 peak
found on PP-ZnMg and PP-ZnAg corresponds to the recombination or oxidation of the
resulting fragments of &-CL from the ring opening during the plasma-polymerization
process (Fig. 4a,b) [50]. Since the analysis depth for the XPS instrument is around 10
nm, the Zn 2p detection in the PP series suggested that the thickness of the plasma-
polymerized PCL was below 10 nm. Thicker coatings are reported to enhance corrosion
protection but may be detrimental to the adhesion strength, leading to possible
delamination of the coating and thus compromising the device's reliability [22,61]. In this
respect, the SC-ZnMg and SC-ZnAg samples showed no delamination or detachment of
the PCL coating after the scratching test (Fig. 3), indicating an adequate interfacial

bonding strength.

As demonstrated by the PDP and EIS tests, the coating prevents the Zn alloys from
corrosion. The PDP tests pointed out a remarkable current density decrease for the spin-
coated samples compared with the uncoated Zn alloys, along with more positive values
of corrosion potential (Table 3), thus supporting the enhancement in the corrosion
protection of SC-ZnMg and SC-ZnAg alloys. Moreover, a dynamic corrosion layer was
observed from EIS measurements for plain ZnMg and ZnAg, evidencing the degradation
of the alloys by the already-known mechanisms of a forming and breaking corrosion layer
at metallic surfaces [7]. Nyquist spectra proved no porosity for the PCL coating, in line
with the morphology observed by FIB/FESEM images (Fig. 2). Moreover, Bode plots
showed that the spin-coated samples presented higher values of |Z| over uncoated alloys,
confirming that the PCL coating provides higher corrosion resistance to the samples, in
agreement with the PDP results.

PCL has been reported to inhibit cell adhesion [31], being a potential candidate for
cardiovascular applications by reducing platelet attachment and hence the risk of
thrombotic events. However, the unspecific inhibition of cell adhesion also reduces
endothelialisation. Ideally, the damaged endothelium after stent implantation must be

recovered for the proper biointegration of the cardiovascular stent [62,63]. Thus, stent
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surface endothelialisation should be accelerated. In this regard, the functionalisation with
RGD peptide has been demonstrated to promote cell adhesion onto different inert
substrates [64,65]. On the other hand, REDV has been reported to selectively promote
HUVEC adhesion over smooth muscle cells (SMCs) and platelets [66]. Peptides have
been successfully immobilized onto polymers [67,68], ceramics [69,70], hydrogels [71],
or inert metallic surfaces such as Ti [72] or CoCr [43,73]. Nevertheless, degrading
surfaces of bioresorbable metals require first surface stabilization before

functionalisation, as previously reported [74-76].

In the present study, linear peptide sequences RGD and REDV, along with the peptidic
platform RGD-REDV and the CF-labelled CF-RGD, CF-REDV, and CF-RGD-REDV,
analogues have been synthetized and successfully immobilized on SC-ZnMg and SC-
ZnAg surfaces. To this end, the peptides were designed to incorporate two lysine (Lys)
residues at the C-terminus, which act as anchoring units to covalently bind to the activated
carboxylic groups of PCL via the free primary amines of the side chains. Moreover, the
peptides incorporated short polyethylene glycol (PEG) units as spacers, to provide an
adequate accessibility of the active sequences, a prerequisite for achieving optimal
HUVEC adhesion [44]. Before functionalisation, an activation step with O»-plasma was
carried out on the spin-coated surfaces to generate free carboxylic acid by ester hydrolysis
of the PCL (Fig. 1). The differences in wettability confirmed the activation of the
surfaces. The initial SCA of the spin-coated samples was around 90 °, in line with the
values of spin-coated PCL films among these thickness ranges [24]. The increased surface
hydrophilicity after activation (SCA = 60 °) was related to the creation of available COOH
groups, which increase wettability. It should be noted that the activated COOH group's
lifetime is brief, and thus wettability values are not intrinsic to the surface and change
with time. Afterward, the peptide immobilization was corroborated by the N 1s signal
observed in the XPS analysis (Table 2) and the homogenous distribution of the CF-

analogues visualized by fluorescent microscopy (Fig. 5).

In vitro HUVEC adhesion studies in Fig. 8 show poor HUVEC adhesion onto the bare
ZnMg and ZnAg samples, which could be attributed to the initial surface degradation [8].
Bioresorbable metallic surfaces form a passivation layer when entering into contact with
an aqueous solution owing to surface degradation and the formation of new compounds
with the aqueous species from the surroundings [53,77]. This exchange of species and the
chemical and physical variations on the surface do not allow the cells to attach effectively
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[8]. Moreover, the lack of bioactive signals on the surfaces are expect to preclude stable
cell adhesion. Likewise, the presence of a few rounded-shaped cells on SC-ZnMg and
SC-ZnAg indicates that the surfaces fail to support substantial HUVEC adhesion, as
expected due to the presence of the PCL coating [30,31]. On the contrary, HUVECs were
attached on the functionalised surfaces as observed by fluorescent microscopy, covering
the entire surface (Fig. 5). Moreover, a noteworthy increase in HUVEC adhesion and
spreading was observed after the functionalisation with RGD, REDV, and RGD-REDV
cell-adhesive peptides (Fig. 9). Interestingly, the surfaces functionalised with the RGD-
REDV platform showed a substantial increase in the number of adherent cells compared
to the presentation of the single peptides (RGD or REDV) (Figure 9a). This observation
may be attributed to a synergistic effect between the RGD peptide, which is non-specific
and recognizes several integrin subtypes [78], and the REDV sequence, which has been
reported to specifically bind to a1, an integrin expressed by ECs [66], thus promoting
an overall increased HUVEC adhesion. Overall, the in vitro cellular studies demonstrate
that the functionalisation of PCL-coated Zn-based alloys functionalisation with cell-
adhesive peptides (especially when combining RGD with REDV) represents an effective
strategy to enhance HUVECs adhesion.

V. Conclusions

In this work, we explored the possibility of increasing ECs’ adhesion on ZnMg and ZnAg
alloys by combining PCL coating and biofunctionalisation techniques. A homogeneous
PCL coating was effectively implemented onto the biodegradable ZnMg and ZnAg alloys
via a two-step process, including plasma polymerization and spin coating, with a suitable
interfacial adhesion and no apparent delamination or detachment. The PDP and the EIS
tests confirmed improved corrosion resistance for both SC-ZnMg, and SC-ZnAg samples,
attributed to the presence of the PCL coating. The linear peptide sequences RGD, REDV,
and the peptidic platform RGD-REDV were successfully synthetized via solid-phase
peptide synthesis and covalently immobilized onto the SC-ZnMg, and SC-ZnAg samples,
as the PCL coating preserves the degradation of the samples and allows their conjugation
with bioactive molecules under aqueous environments. The HUVEC adhesion was
enhanced after the peptide biofunctionalisation, reaching a statistically higher number of
adhered cells and better spreading. Among the peptide sequences, the RGD-REDV
platform presented the highest HUVEC adhesion in terms of cell numbers, pointing to a

synergistic effect by combining both RGD and REDV sequences. Therefore, the proposed
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new dual-strategy holds great potential to overcome the clinical limitations of current

stents by enhancing surface endothelialisation and corrosion protection of different Zn-

based alloys.
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Chapter IV. Influence of ECAP process on mechanical,
corrosion and bacterial properties of Zn-2Ag alloy

Objective

To evaluate the concurrent combined effect of grain refinement and Ag alloying on
biodegradation and bacterial activity of Zn-2Ag (2 wt.%) alloy after severe plastic
deformation.
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Main results

This chapter presents ECAP as a potential processing route for wire manufacturing for
wound closure applications. After ECAP, the E2 sample exhibited a UFG structure with
randomly distributed grain orientation and lower texture. Mechanical isotropy was
confirmed at the nano and microscale, along with reduced UTS and YS. Moreover, the
more homogeneous degradation and Ag distribution in the Zn matrix after ECAP

provided exceptional antibacterial activity against S. aureus bacteria.
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I. Introduction

Wound closure devices such as sutures and staples are designed to approximate the edges
of the injury tissue until its healing. The device should promote rapid closure by applying
proper tension to prevent infections, but excessive stress could lead to ischemia or tissue
necrosis. The fundamental material requirements for sutures gather good knot tensile
strength and security, proper ductility, and biocompatibility [1]. In the last decades,
bioresorbable materials have attracted so much attention since they eliminate the need for
second surgeries for removal and reduce the associated long-term risks [2].

Few studies have been focused on Zn-based materials for wound-closure applications up
to date [3]. Guo et al. [4] developed Zn wires of 3- and 0.3-mm diameters with good in
vitro biocompatibility and knot feasibility, where the best mechanical performance was
related to the most refined microstructure. So far, achieving adequate mechanical
performance, corrosion behaviour, and biological response of Zn-based alloys remains an
open challenge. Mechanical anisotropy has been reported as one of the causes of implant
failure since the stress is not well-distributed along with the material after its implantation
[2]. In this regard, the mechanical properties of Zn are closely related to its texture [5].
Another crucial factor for maintaining implant stability is its uniform degradation.
Localized corrosion could accumulate local stress and lead to the breaking of the implant.
Severe plastic deformation (SPD) is widely used to produce bulk ultrafine-grained (UFG)
materials by introducing extremely large strain during the deformation process. Among
them, equal channel angular pressing (ECAP) is an effective procedure to prepare UFG
metals with excellent mechanical and corrosion properties[6,7] and to improve the
biocompatibility of Mg alloys [8]. Concerning ECAP processing of Zn alloys, different
studies have been performed. The obtained mechanical toughening in Zn-Mg or Zn-Mn
alloys has been attributed to grain refinement of the Zn-alloy matrix, alongside the
secondary phases' fragmentation and distribution [9]. However, mechanical strengthening
is not obtained for every Zn-based conjugation. For instance, the ultimate tensile strength
(UTS) and yield strength (YS) of Zn-Cu alloys dramatically decreased after ECAP,
whereas superplastic behaviour was observed [10]. Nonetheless, the ECAP effect on the
bacterial response of Zn alloys has not yet been studied.

Surgical site infections (SSIs) are surgical-related infections related to wound closure
interventions that appear within 30 days after implantation (or one year in the case of
implants) [11]. Different factors affect the risk of bacterial incidences, such as the
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geometry of the implant or its composition. For instance, multifilament and braided
sutures are more prone to infection because of the increased attachment of the bacteria
within the structure [12]. Therefore, suture materials are loaded with antibiotics such as
triclosan [13] or gentamicin [14]. However, the development of antibacterial resistance
forces researchers to find alternatives to avoid SSI. Staphylococcus aureus (S. aureus) is
present in most SSIs and bloodstream infections. The bacterial resistance development
and the lack of equally effective alternatives complicate methicillin-resistant S. aureus
(MRSA) treatment [15]. Antibacterial agents such as silver (Ag) nanoparticles have been
included in the polymeric structures hindering possible infections [16]. Besides, the
incorporation of metallic ions such as silver (Ag"), copper (Cu?"), and zinc (Zn?*), or the
correspondent oxides (AgO(s), CuO(s), ZnO(s)) to conventional titanium have been
demonstrated to provide antibacterial properties to the implants [17].

This work aims to provide more insights into the mechanical effects of grain refinement
in Zn-based alloys and evaluate its impact on bacterial performance. To this end, a Zn-
2Ag (2 wt.% Ag) alloy was processed and investigated to evaluate the reachable
strengthening induced by grain refining by ECAP and the concurrent combined effect of

grain refinement and Ag alloying on biodegradation and antibacterial activity.

II. Materials and Methods

IL.1. Materials and ECAP processing
Zn-2Ag (2 wt.% Ag) metallic bar was provided by GoodFellow (UK). The as-received
condition of the bars was extruded and cold rolled. Billets with 10 mm of diameter and
100 mm of length were machined from the starting material. The ECAP die was
composed of two cylindrical channels intersecting at an angle of 90° with an outer arc of
curvature of 20°. This geometry provides an equivalent plastic strain of 1,05 for each pass
according to the lwahashi equation [18]. Samples were pressed at room temperature with
a speed of 5 mm/min using molybdenum disulphide (MoSy) as a lubricant. Zn-2Ag billets
were subjected to up to two ECAP cycles by rotating the sample along its longitudinal
axis by 90° before the second pass (route Bc, according to the established designation
given in the literature [19]). Samples subjected to one and two ECAP cycles were named
E1, and E2, respectively. Pressed bars were cut into 2.5 mm disks and ground following

standard metallographic procedures.
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IL.2. Microstructure characterization

The microstructure of the as-received Zn-2Ag and pressed samples after ECAP cycles
were observed. To this end, the specimens were cut in the transversal and longitudinal
direction, parallel to the direction of ECAP extrusion. The transversal and longitudinal
sections were then abraded with silicon carbide grinding papers (grit size P800, P1200,
and P2500, and polished using 6 and 3-um diamond suspension. Fine polishing was
achieved using 0.05 um alumina suspension (Buehler, EEUU). The samples were etched
by a solution consisting of 0.5 g of oxalic acid, 2.5 mL of acetic acid, and 25 mL of
absolute ethanol (Sigma-Aldrich, USA).

Field-emission gun scanning electron microscopy (FEG-SEM) (Carl Zeiss AG - EVO®
50 Series, Zeiss, Germany) equipped with an X-ray energy-dispersive spectrometry
(EDS) detector (Oxford Instruments, Aztec Energy, UK) was used for microstructural
characterization. ImageJ software (National Institutes of Health, MD) was used to
determine the area and the distribution of the secondary phases on transversal and
longitudinal sections of the samples.

The composition of the samples was studied by X-ray diffractometry (XRD, D8
ADVANCE Twin, Bruker, USA), with Cu K. operating at 40 kV and 100 mA and

scanning from 20° to 90 °. The scan rate was 2° min, and the step size was 0.02°.

I1.3. Electron Backscattered Diffraction (EBSD) analysis
The microstructural evolution of the samples was studied by Electron Backscattered
Diffraction (EBSD) technique (C Nano, Oxford Instruments, UK) interfaced with the
FEG-SEM. The scan area selected was 200 um x 270 um with 0.15 um of step size for
all the conditions for good statistical representation. All the data were processed with
CHANNEL 5 software (Oxford Instruments, UK). The grains were defined as a set of a
minimum 10 points with a mutual misorientation < 10°. Before EBSD analysis, the
surfaces were prepared by standard mechanical procedures until final polishing with 0.05

um alumina suspension.

11.4. High-speed nanoindentation mapping
Nanoindentations were performed by a KLA iMicro nanoindenter (KLA, USA) using a
diamond Berkovich tip with its area function determined against fused silica standard.
Each indent performed one complete indentation cycle per second. Matrixes of 100 x 100

indentations were carried out to a maximum constant load of 1 mN with 2 pm spacing
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between the indents. In total, 10* indentation cycles were performed to map the processed
samples for obtaining reliable correlations at the micrometre length and for subsequent
statistical analysis. Results were analysed by InView software (KLA, USA). Before
nanoindentation studies, the samples were ground up to 2500 grit and polished with

alumina suspension down to 0.05 um.

IL.5. Mechanical characterization
Mechanical properties were evaluated by Vickers micro-hardness and tensile tests before
and after the ECAP process. Microhardness measurements were performed on the
transversal and longitudinal direction of the samples with an indenter load of 100 g and
dwelling time of 10 s using a Vickers microhardness tester (Durascan G5, Emcotest).
According to the obtained results, the Zn-2Ag and the E2 condition were selected for the
following characterization. Tensile dog-bone samples (20 mm gage length, 4 mm
diameter, and 8 mm fillet radius) were machined along the ECAP direction. Tensile tests
were carried out following ASTM E8/E8M [20] with an electromechanical testing frame
(MTS Alliance RT/100, MTS system, USA) at room temperature and a strain rate of 1

mm/min. The tensile tests were replicated using three samples per each condition.

IL.6. Corrosion characterization

The corrosion behaviour of the samples was studied by potentiodynamic polarization
(PDP) tests and static immersion tests at 37 + 1 °C and pH 7.4 £ 0.1 in Hanks’ solution
containing 0.4 g/L of KCI, 0.06 g/L of KH2POg4, 8 g/L of NaCl, 0.045 g/L of Na2HPOs,
0.35 g/L of NaHCOs3, and 0.19 g/L of CaCl>.

PDP analysis was performed using a PARSTAT 2273 potentiostat (Princeton Applied
Research, USA), where a three-electrode setup with a Pt electrode as a counter electrode,
and a saturated calomel electrode (SCE) as a reference electrode was used. The open
circuit potential (OCP) was first measured until its stabilization. The potential window
selected for PDP was from -1.4 to -0.6 V potential against the OCP at a scan rate of 0.16
mV/s, according to ASTM G5-14 [21]. The corrosion rate (CR) was calculated from the
Tafel extrapolation using PowerSuit software (Princeton Applied Research, USA),
following ASTM G102-89 [22].

A static immersion test was performed following ASTM G31-72 [23]. Samples were
weighed and then immersed for 10 days in 20 mL of Hanks’ solution at 37 + 1 °C. The
whole solution was renewed every 24 h to avoid a drift in the pH. The redox potential (E)

and the pH were monitored with a Hanna HI 5521 multiparameter (Hanna Instruments,
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Italy). The Pourbaix diagrams of Zn and Ag in Hanks’ solution were calculated by HSC
5.1 Software. The released Zn?* and Ag* at 1, 3, 7, and 10 days after immersion were
analysed by high-resolution inductively coupled plasma mass spectrometry (HR-ICP-
MS) (ELEMENT XR, Thermo Fisher). For this purpose, aliquots of the solution were
collected and filtered with a 0.2 um filter and later diluted with 1% HNO3(v/v). The CR
was determined from mass loss measurements for corroded samples cleaned in a solution
of 200 g/L CrOs(s) at 70+1 °C, according to ISO 8407 [24]. Surface morphology of the
samples before and after the removal of the corrosion products was observed by SEM
equipped with X-ray energy dispersive spectrometry (EDS) (JSM-7001F, JEOL, Japan).

IL.7. Bacterial adhesion

S. aureus (CCUG 15915, Culture Collection University of Goteborg (CCUG), Goteborg,
Sweden) was selected to evaluate the antibacterial properties of the samples. Bacteria in
frozen stock were aerobically cultured at 37 + 1 °C in a brain heart infusion (BHI,
Scharlab, Spain) overnight. Bacteria concentration was adjusted to a final optical density
of 0.2 at 600 nm, equivalent to 108 colony-forming units (CFU) per millilitre.

Two additional conditions were introduced as controls for the adhesion test: Ti and pure
Zn discs were prepared following the metallographic procedure described in section 11.1.
Samples were inoculated with 20 uL of bacteria suspension for 3 h. Subsequently,
samples were rinsed in phosphate buffer solution (PBS) to remove the non-adhered
bacteria.

The LIVE/DEAD™ BacLight™ bacterial viability kit (Thermo Fisher, USA) was used
to observe the attached alive bacteria (fluorescent green) and dead bacteria (fluorescent
red). The staining was prepared by diluting the component SYTO 9 and propidium iodide
(1.67 mM) in PBS to a final concentration of 3 um/mL. For the live/dead staining, adhered
bacteria were fixed with 500 pL of 2.5% glutaraldehyde in PBS at 5 +1 <C for 30 minutes
and incubated in the staining for 15 minutes. Afterwards, bacteria were observed by
fluorescence microscopy (Nikon E600, Tokyo, Japan). For the attached bacteria
quantification, samples were introduced in PBS and ultrasonically cleaned for 1 minute.
The resulting detached bacteria were incubated in agar plates overnight, and the CFUs

were counted.
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IL.8. Statistical analysis
The results of this work were reported as the mean values + standard deviation (SD).
Unless previously specified, three replicates (n = 3) were done in the experiments. For
statistical analysis, a first normality test (Shapiro-Wilk test) was performed to evaluate
the normal distribution of the data. Later, an equality of variances test (ANOVA) or a
non-parametric test (Kruskal-Wallis test) were performed when data were normally or
non-normally distributed, respectively. Minitab Statistical Software (Minitab Inc., USA)

was used for the statistical analysis.

III. Results

II1.1. Microstructure characterization
Fig. 1 shows the SEM micrographs of Zn-2Ag, E1, and E2. The microstructure of all the
samples was composed of two phases: Zn and AgZns. According to EDS and XRD results
in Fig. 2 and the Zn-Ag phase diagram [25], the darker area corresponds to the Zn matrix
and the brighter one to the secondary AgZnsz phase. The microstructure of Zn-2Ag
presented a homogeneous AgZns phase distribution with a certain degree of alignment to
the extrusion direction (Fig. 1a, d). Image analysis confirmed similar distribution of the
AgZnz phase through the Zn matrix for E1 and E2 samples, with AgZnz particles with
areas ranging from 0.05 to 2.5 um? and no evidence of fragmentation of the secondary

phases.

Transversal section

ongitudinal section

Fig. 1. Microstructure of the transversal sections (top) and longitudinal sections (bottom) of Zn-
2Ag (a, d), E1 (b, e), and E2 (c, f). The darker area corresponds to the Zn matrix, and the brighter
one to the AgZns phase. Scale bar: 10 um.
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Fig. 2. XRD results: (a) crystallographic data of Zn and AgZns phases. (b) XRD spectra of Zn-
2Ag, E1, and E2 samples.

I11.2. EBSD analysis

Fig. 3 shows the transversal and longitudinal EBSD inverse pole figure (IPF) maps of the
samples, and the data analysis of the grain size is included in Fig. 4. EBSD-IPF maps
evidenced the grain refinement and the homogeneous grain size distribution in both
directions after ECAP. Fig. 3d presents the longitudinal section of the original Zn-2Ag
alloy, showing preferential grain orientation due to the extrusion process. However, the
oriented and elongated Zn grains of Zn-2Ag alloy became homogenous and non-oriented
after ECAP processing (Fig. 3e, f).

The box plot representations in Fig. 4a, b showed wider data dispersion for Zn-2Ag alloy
and the most homogeneous grain size distribution for E2. Moreover, the UFG structure
was obtained for E1 and E2, reaching grain size values below 1 um? in the latter case
(Fig. 4c). The statistical analysis corroborated significant grain refinement after each
ECAP pass.
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Transversal section

Longitudinal section

Fig. 3. EBSD-IPF map of the transversal section (top) and longitudinal section (bottom) of ZnAg
at the different stages: as-received (a, d), after the first ECAP cycle (b, €), and after the second

ECAP cycle (c, f). Scale bar: 5 um.
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Fig. 4. Box plot of the grain size of the as-received and ECAP samples at the (a) transversal and
(b) longitudinal sections; and (c) the calculated grain size values using CHANNEL 5 software.

Fig. 5 shows the IPF of the analysed samples. The weak texture in the transversal

direction remained substantially similar after the ECAP process (Fig. 5a-c). However, the

ECAP deformation caused noticeable changes in the longitudinal direction (Fig. 5d-f).

From the IPF of the longitudinal section of the Zn-2Ag alloy, it is evident that the most

of the grains were preferentially oriented to the [0001] pole in the extruded bar and

scattered to the other directions with the ECAP cycles, developing a more random texture.
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Fig. 5. IPF images of the transversal and longitudinal sections of Zn-2Ag, E1, and E2 samples.
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I11.3. High-speed nanoindentation mapping

The nanohardness and the elastic modulus maps obtained after high-speed
nanoindentation tests are shown in Fig. 6 and Fig. 7, respectively, and quantified in Table
2. The Zn grains could be perfectly distinguished from the transversal section maps of
Zn-2Ag (Fig. 6a, Fig. 7a), indicating that nanohardness and elastic modulus highly
depend on grain orientation [26,27]. The hardness isotropy increased on the transversal
section after ECAP (Fig. 6 b, c), together with significantly lower average nanohardness
values indicating the softening of the material (Table 1). A similar homogeneity trend
could be observed from elastic modulus maps of E1 and E2 transversal section analysis
(Fig. 7 b, c).

Transversal

Longitudinal

Fig. 6. Hardness nanoindentation maps of Zn-2Ag (a, d), E1 (b, e), and E2 (c f) at the transversal
(top) and longitudinal (bottom) sections. Scale bar: 50 um.
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Fig. 7. Elastic modulus nanoindentation maps of Zn-2Ag (a, d), E1 (b, €), and E2 (c, f) at the
transversal (top) and longitudinal (bottom) sections. Scale bar: 50 um.

Table 1. Elastic modulus (E) and nanohardness (H) calculated parameters from nanoindentation
maps of the transversal and longitudinal section of Zn-2Ag, E1, and E2. TD = transversal
direction. LD = longitudinal direction.

Zn-2Ag El E2
Direction TD LD TD LD TD LD
E(GPa) | 849+6.7 773+120 | 821+108 86.2+98 | 882+98 818+95
H(GPa) [147+0.13 125+0.13 | 1.26+0.14 128+0.14 | 1.24+0.13 1.18+0.12

I11.4. Mechanical characterization
The evaluation of the mechanical behaviour was performed through microhardness
measurements and tensile tests. The hardness values and tensile curves collected are
summarized in Fig. 8. The Zn-2Ag alloy microhardness showed a clear drop for both
directions after the second ECAP cycle (Fig. 8a). For this reason, the subsequent tensile
characterization was focused on the E2 condition only. The tensile tests (Fig. 8b) showed
a notable decrease in the ultimate tensile strength (UTS) and yield strength (YS) after two
ECAP cycles. Both tested materials featured a very limited work hardening ability in the
plastic regime but extensive ductility, reaching values of fracture elongation (A %) above
200 % for E2. Fig. 8 includes representative fractographs of the samples after the tensile
test. The fracture morphology of the Zn-2Ag mainly showed dimples with a diameter in
the range of 2 — 20 um (Fig. 8c), whereas the dimple size decreased below 2 um for the

E2 sample (Fig. 8d), in line with the observed microstructure structure refinement.
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Fig. 8. (a) Vickers micro-hardness results of Zn-2Ag, E1, and E2 samples. #*¢9 symbols join
groups with non-statistically significant differences. (b) Tensile curves and calculated tensile
properties of the Zn-2Ag and E2 samples. SEM fractographic images of (c) Zn-2Ag, and (d) E2
samples.

I1L.5. Corrosion characterization
The corrosion parameters calculated from PDP and immersion tests in Hanks’ solution
are listed in Table 2. No significant differences were observed between Zn-2Ag and E2
samples for any parameter (Table 2). The values obtained are in accordance with previous

corrosion studies on Zn-Ag alloys [28].

Table 2. Corrosion parameters obtained from PDP and static immersion test in Hanks’ solution:
corrosion potential (E), current density (i), CR (PDP), and CR (mass loss).

E (V) i (nA/lcm?)  CR, PDP (mm/yr) CR, mass loss (mm/yr)
Zn-2Ag -1.176 £ 0.018 2.26 £0.13 0.034 + 0.002 0.099 +0.032
E2 -1.193£0.008  1.98+0.43 0.029 + 0.006 0.090 + 0.046

Although the corrosion parameters presented no statistical differences, the ion release of
the samples differed. As shown in Fig. 9a, the release of Zn?* was higher for E2 in
comparison with Zn-2Ag, with a total final concentration of 20.66 + 0.24 ug/dL and 13.69
+ 0.21 pg/dL, respectively. On the other hand, the Ag* release presented the opposite
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relation, with lower total concentration for E2 (0.11 + 0.01 pg/dL) than for Zn-2Ag (0.92
+ 0.02 pg/dL) (Fig. 9b). Table 3 shows the Zn?" and Ag* concentrations measured by
ICP-MS on days 1, 2, 3, 7, and 10 of immersion and their relation in %. Fig. 9c, d show
the pH and the E evolution through the immersion test in Hank’s solution, respectively.
As expected, the pH increased with respect to the initial value of 7.4, confirming the
release of corrosion products from the alloys. The obtained values of E were between -40
and -80 mV. The calculated Pourbaix diagrams of Zn and Ag in Hanks’ are depicted in
Fig. 9 e, f. Applying the obtained values of pH and E in the Pourbaix diagrams, the most
stable Zn solid phases are ZnCOz3(s) and ZnO (s), while the most stable Ag solid phases
are Ag(s), and AgCl (s).
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Fig. 9. Accumulative (a) Zn?* and (b) Ag* ion release of the samples measured by ICP-MS after
1, 2, 3, 7, and 10 days of immersion. Evolution of (c) pH and (d) E with the immersion time.

Pourbaix diagrams of (e) Zn and (f) Ag in Hanks’ solution at tested conditions obtained by HSC
5.1 Software.
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Table 3. ICP-MS results of released Zn?* and Ag* at days 1, 2, 3, 7, and 10 of immersion in
Hanks’ solution at 37 + 1 °C. Limit of detection (LOD): Zn?" = 0.01 ug/dL; Ag* = 0.001 pg/dL.

Zn-2Ag E2
Day Zn?* (ug/dL) Ag* (ug/dL) Zn%*" (ug/dL) Ag* (ug/dL)

1 | 12.26+0.03(81%) 2.93 +0.05 (19 %) <LOD <LOD
2 | 2437+030(97%) 0.75+0.02(3%) | 45.46+0.58(99%) 0.55+0.02 (1 %)
3 |10.22+0.40(88%) 1.46+0.04(12%) | 21.88+0.74 (98 %) 0.52 +0.01 (2 %)
7 |13.81+0.20(97%) 0.47+0.01(3%) | 16.97 % 0.08 (100 %) <LOD

10 |13.66+0.16(95%) 0.74+0.02(5%) | 23.78+£0.24 (99 %) 0.19 +0.01 (1 %)

Fig. 10. SEM images of the Zn-2Ag and E2 sample surfaces after 10 days of immersion in Hanks’
solution: before (a, d) and after (b-c, e-f) the removal of the corrosion products. Yellow arrows
indicate the non-degraded AgZns phase.

Fig. 10 shows the SEM images of the surfaces of Zn-2Ag and E2 with the corrosion
products after the immersion test. The corrosion layer formed on both studied surfaces
was homogeneous, as shown in Fig. 10 a, d. The elemental analysis performed by EDS
detected Zn, Ca, C, O, P, and ClI, from the precipitation of calcium phosphate minerals,
Zn-carbonates, phosphates, oxides, and Ag-chloride as predicted by the Pourbaix
diagrams [25,29]. Besides, EDS mapping indicated the presence of Zn and Ag at the
underlying metallic surface. SEM images of the corroded surfaces after the corrosion
layer removal showed similar corrosion features for Zn-2Ag (Fig. 10 b, ¢) and E2 (Fig.
10 e, f), with the most stable AgZns phase surrounded by the anodic degradation of the

Zn matrix.
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I11.6. Bacterial response

The bacterial response was evaluated after 3 h of culture with S. Aureus on inert c.p. Ti
and Zn as controls and on the investigated Zn-2Ag, and E2 samples. Fig. 11a-d shows
the confocal images obtained after the live-dead assay. Ti surface was thoroughly covered
by bacteria (Fig. 11a), exceeding the maximum limit for CFU quantification at the tested
conditions. On the other hand, the reduced bacteria attachment to Zn-based surfaces (Fig.
11b-d) indicated a noticeable antibacterial activity compared with Ti. In addition, the
antibacterial performance of Zn-2Ag significantly reduced the bacterial attachment, from
(2.4 + 1.1) x10" CFU/mm? of the Zn surface (Fig. 11b) to (7.8 * 5.8) x10° CFU/mm? of
the Zn-2Ag alloy. Surprisingly, the ECAP deformation accentuated the antibacterial
effect (Fig. 11d), with a noticeable CFU reduction down to (7.6 + 5.9) x10° CFU/mm?.

Fig. 11e-h includes the optical images of the metallic surfaces after the bacterial adhesion
test and subsequent cleaning with ethanol and ultrasounds. The Ti surface remained
intact, according to its inert nature (Fig. 11e). In contrast, degradation signs could be
observed in the Zn-based samples (Fig. 11f-h). Pure Zn and E2 samples showed
distributed degradation pits, whereas the Zn-2Ag presented a heterogeneously degraded

surface with a pronounced degradation compared to the studied series.
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Fig. 11. Bacterial adhesion tests of the studied surfaces cultured with S. Aureus after 3 h of
incubation. Live-dead staining of S. Aureus incubated onto (a) Ti, (b) Zn, (c) Zn-2Ag, and (d) E2.
Scale bar: 50 um. Images of the surfaces after the adhesion test and subsequent cleaning: (e) Ti,
(f) Zn, (g) Zn-2Ag, and (h) E2. (i) Quantification of attached bacteria to the surfaces. Ti is not
included since it exceeded the maximum CFU for quantification.
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IV. Discussion

Biodegradable metals emerged to overcome the drawbacks of conventional implants,
including inflammation, long-term consequences, or second surgeries for their removal
[30,31]. Among them, Zn stands out due to its biocompatibility and degradation rate [32].
However, its insufficient mechanical properties force it to alloy Zn with other elements,
strengthening the material via solid solution, grain refining, and precipitation hardening,
but inevitably altering the degradation mechanisms and affecting the biological behaviour
of the alloys [33]. Thus, extensive research is focused on modifying the secondary phases'
distribution to obtain a homogeneous microstructure [34,35]. In this regard, mechanical
isotropy directly affects mechanical performance, enhancing the safety of the implants
and increasing implantation tolerance [36—38]. Several studies have been performed to
control anisotropy or to fabricate isotropic structures [39,40]. In this work, two ECAP
cycles have been successfully applied to a Zn-2Ag alloy to obtain a homogeneous UFG
structure. The excellent starting formability of the material allowed two ECAP passes to
be performed at room temperature avoiding any failure [41], hence providing an
additional degree of freedom for the control of the final microstructure. The as-received
Zn-2Ag alloy developed UFG microstructure with randomly distributed grain orientation
after the ECAP process. Homogeneous nanohardness (Fig. 6) and elastic modulus (Fig.
7) were reported for both E1 and E2 samples. The direct influence of the secondary phases
in the final mechanical performance in binary Zn-based alloys has been previously
reported [33]. Here, the average results of both elastic modulus and hardness are
calculated without considering the presence of two phases since the equipment was not
sensible enough to distinguish between the Zn matrix and the small areas occupied by the
AgZnz phase. The mechanical properties of hexagonal-closed pack (hcp) alloys have been
reported to be closely related to the texture [42]. However, despite the homogeneous
texture observed in E1 and E2, Vickers-hardness measurements evidenced the isotropic
response only for E2 (Fig. 8a), suggesting that the grain size and crystal orientation may
be fundamental in the mechanical behaviour of the samples. As previously reported by
Bednarczyk et al. [5], the ECAP process is almost ineffective in strengthening hcp
materials but induces a dramatic change in grain size and orientation. Indeed, as-received
extruded rods exhibited a sharp texture. The low crystal symmetry in hcp structures
results in the activation of only one slip system per grain, diminishing the possibility of

dislocations slip within the grains and thus increasing material strength [43]. After ECAP,
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the crystal refinement and orientation redistribution result in lower texture, hence easier
slip of dislocations which better accommodates the macroscopic deformation resulting in
lower YS, UTS, and exceptional fracture elongation (Fig. 8) [44,45]. Nonetheless, the
obtained values of YS and UTS are still superior to those of actual bioresorbable
polymeric sutures [46]. This superior mechanical strength would avoid complex multi-
braid structures and related bacterial infection risks. Moreover, the obtained high
elongation at fracture is supposed to provide good formability, good handling, and knot
security [47].

Microstructural refinement has been widely reported to improve corrosion protection by
reducing localized corrosion [8,48]. This is due to the refinement and homogeneous
distribution of the secondary phases, which minimizes its cathodic capacity, and hence
the possible galvanic pairs lose their effectiveness [7,8]. On the other side, grain
refinement could accelerate corrosion by the increased Gibb’s free energy related to grain
boundaries surface, whose concentration is higher in UFG structures [49]. These two
effects might also compensate for each other, leaving the corrosion rate of the SPD alloy
substantially unchanged. In our degradation studies in Hanks' solution, Zn-2Ag and E2
samples exhibited similar corrosion parameters (Table 2), but the ICP-MS measurements
provided some differences regarding the ionic release of metallic species (Table 3). The
Zn?* release detected for both samples is in the physiological range (2 — 15 uM) [50],
with a final total concentration of 3.1 uM and 2.1 uM for E2 and Zn-2Ag, respectively.
Interestingly, the Ag* release seemed to be hindered after the ECAP process. Since no
observable changes were noticed regarding the area of the AgZns phase, this hindering
may be attributed to the grain refinement. According to the Zn-Ag phase diagram, the
solid solubility of Ag in the Zn matrix is around 1.67 wt.% at room temperature [51], and
above this concentration, the AgZns precipitates. As observed in the immersion test, the
AgZns phase is non-degradable (Fig. 10); thus, the detected released Ag*™ would be related
to the Ag dissolved into the Zn matrix. The Zn-2Ag exhibited a burst release on the first
day and fluctuating Ag* concentrations ranging from 3 to 12 % of the total measured ion
release in the following days. (Table 3). However, E2 presented a more homogeneous
release of 1 — 2 % of Ag" through the experiment, suggesting a better Ag distribution
along the surface after ECAP. In this manner, the percentage of released Zn?* in the E2
increased to 98 — 99 %. The excessive administration of silver may have genotoxic

effects, but further studies would be needed to assess its carcinogenic potential [52,53].
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Lately, Guillory et al. [54] observed a positive in vivo performance of Zn-based wires
with 4 wt.% of Ag implanted into female Sprague Dawley rats for 6 months. Thus, the
amount of delivered Ag* of the Zn-2Ag series should not have a cytotoxic effect. Finally,
the degradation time for actual biomaterials used for wound closure is 4 — 6 weeks, for
PLA/PGA 75/25 and PGA, or more than 1.5-5 years, for PLA [55]. Assuming a constant
corrosion rate of 0.090 mm/year (Table 2), a typical USP 5-0 suture (& 100 um) [56]
would degrade at an intermediate time of 6 months after implantation.

Bacterial infection is a worldwide concern due to the medical resistance developed by
bacterial strains such as S. aureus, which is the most common strain in the skin, soft
tissue, bone, joints, and device-associated infections [15]. Lately, the investigation
focused on new antibacterial approaches for biomaterials has attracted global interest.
The use of copper or silver as antibacterial agents has been investigated for different
biomaterials [16]. Ti is a common biomaterial used for wound suture applications;
however, Ti requires to be treated to avoid possible bacterial infections [17]. A possible
strategy includes the introduction of ZnO onto Ti-based materials due to its well-known
antibacterial effect properties [57-59]. Therefore, the reduced number of bacteria
attached to Zn-based surfaces (Fig. 11) may be related to the presence of a ZnO in its
natural passivation layer. As expected, the presence of Ag in the Zn-Ag alloys reduced
the bacterial attachment. The minimum inhibitory concentration (MIC) reported of
colloidal silver is 1.39 mg/dL [60], and the reported MIC for silver nanoparticles 0.62.5
mg/dL [61]. Both values are much superior to the total Ag* detected at the immersion
test; thus, the decreased bacterial adhesion of Zn-Ag alloys was not related to Ag*
diffusion mechanisms but to the Ag presence on the metallic surfaces and its antibacterial
effect by contact. Surprisingly, the antibacterial activity was considerably enhanced after
ECAP processing. Previous reports have shown lower bacterial adhesion to polymeric
and thus softer surfaces [62], but the opposite trend in polymeric materials has also been
published [63]. Nonetheless, most studies refer to polymeric surfaces that intrinsically
offer mesh-like structures in which other factors, such as porosity, may affect bacterial
adhesion [62]. Thus, surface hardness and bacterial adhesion relationship would require
further investigation. Regarding this, the supposition of a better Ag distribution after
ECAP would contribute to the excellent antibacterial effect observed in the E2 sample.
Another important observation was the different aspect of the degraded Zn-2Ag and E2
sample surfaces after the bacterial adhesion test (Fig. 11), in contrast to the similar

corroded surface after corrosion tests in Hanks’ solution. In previous studies, the changing
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degradation behaviour of Zn surfaces depending on the immersion media has been studied
[64,65]. Furthermore, an extensive characterization of Zn and Zn-4Ag in different
corrosive media has been performed by Sikora-Janinska et al. [66], in which organic
species were reported to form a passivation layer and protect the surfaces from further
corrosion. Biodegradable implants may avoid bacterial infection by providing a non-
stable surface for bacterial adhesion[67]. However, the accumulation of bacteria onto the
degraded and rougher surfaces of Zn-based alloys has been previously reported [33]. In
connection with our bacterial test, the more degraded surface of Zn-2Ag may limit the
antibacterial effect, whereas the uniform surface degradation of E2 provided a smoother
surface to which bacteria hardly attached, contributing to the enhancement of the

antibacterial activity.

V. Conclusions

In this work, Zn-2Ag was successfully subjected to ECAP at room temperature. The
microstructure of the samples consisted of a Zn matrix and a secondary AgZnz phase.
EBSD results confirmed the generation of UFG structures after ECAP with randomly
distributed texture and similar size and distribution of second phases for E1 and E2
samples. Nanoindentation maps suggested isotropic mechanical properties of the ECAP-
processed samples. However, Vickers measurements only confirmed the isotropy for E2,
demonstrating the influence of the grain refinement on the nano- and micro-mechanical
performance of the material. Lower UTS and YS with higher elongation have been
reported after ECAP, following previous studies on hcp materials. Similar corrosion rates
were observed for Zn-2Ag and E2 in Hanks’ solution, with a released concentration of
Zn?* among the physiological range of 2 — 15 mM. The more homogeneous Ag* release
of the E2 sample was attributed to the better Ag distribution along the Zn matrix after the
ECAP process. The released Ag* was below the MIC for S. Aureus; thus, the antibacterial
effect was attributed to the bacterial contact with the Ag-containing surfaces. Moreover,
the better Ag distribution in E2 and its uniformly degraded surface after the bacterial
adhesion test would contribute to the excellent antibacterial performance of the sample.
In summary, the ECAP process provided mechanical isotropy, good formability, and
exceptional antibacterial activity to biodegradable Zn-2Ag, being a potential processing

route candidate for the manufacturing of wires for wound closure applications.
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Bioresorbable implants arose to overcome some limitations of conventional inert
implants, such as second surgeries for implant removal, long-term complications like late-
stent thrombosis, or their use in paediatric populations where the implant does not grow
with the patient. However, the intertwined effects of biodegradation, mechanical
properties, and biological response on these materials comprise a challenge to unravel
through the surface and structural modifications.

This PhD Thesis aimed to provide more knowledge on Zn-Mg, Zn-Cu, and Zn-Ag alloys,
their corrosion behaviour, and their biological response as potential materials for
bioresorbable metallic implants for different biomedical applications.

The results displayed and analysed in the previous chapters, summarized and highlighted
in the following conclusions, expanded our comprehension of the field that could lead to
a more rationalized selection, modification, and design of bioresorbable metallics

materials for biomedical applications.
e Zn-Mg and Zn-Cu alloys for cardiovascular applications

The effect of precipitated secondary phases, Zn+Mg>Zn11 or e-CuZns, into the Zn matrix
of Zn-Mg and Zn-Cu alloys was relevant in mechanical, corrosion, and biological
behaviour. The nanoindentation studies confirmed the direct relation of the secondary
phases and their volume fraction on the mechanical reinforcement of Zn. Zn-Mg and Zn-
Cu systems showed better mechanical properties for the lower volume fraction of the
secondary phase: Zn-1Mg showed a lower fracture elongation compared to Zn-0.5Mg,
and Zn-5Cu did not provide significant improvement in UTS or YS compared to Zn-3Cu.
Corrosion studies showed similar degradation behaviour for Zn and Zn-0.5Mg alloy,
while Zn-1Mg exhibited a thicker corrosion layer. Moreover, the galvanic corrosion in
Zn-Cu alloys was more pronounced for the Zn-5Cu alloy. Therefore, a higher secondary
phase volume fraction led to more robust galvanic pairs favouring galvanic corrosion
mechanisms in contrast to the homogeneous degradation of unalloyed Zn. Bacterial
studies suggested that bacteria preferentially attached to the corrosion products,
increasing the risk of further infections. Furthermore, the in vitro assays indicated
cytotoxicity and the impossibility of HAOECs adhering to the degrading surfaces. Finally,
the high e-CuZns volume fraction of Zn-Cu alloys led to severe galvanic corrosion,
seriously affecting degradation behaviour and biocompatibility. Generally, the results
suggested that it would be more appropriate to use low-alloyed Zn and the imperative to

find a compromise between mechanical reinforcement and galvanic corrosion.
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e Zn-Ag alloys with antibacterial properties

The effect of the secondary AgZns phase on the mechanical properties, degradation
behaviour, and bacterial activity of Zn-Ag alloys was corroborated. The precipitation of
the AgZnz phase enhanced the UTS, YS, and elongation at fracture compared with pure
Zn. However, the higher AgZns volume fraction in Zn-4Ag led to a slight softening of
the alloy. Regarding corrosion, Zn-2Ag presented a more homogeneous degradation
behaviour than Zn-4Ag, attributed to the lower AgZns volume fraction. The bacterial
activity of the Zn-Ag alloys was related to the Ag content and the degradation behaviour.
In this regard, the Ag-alloyed materials showed a lower adherence of bacteria compared
to pure Zn, demonstrating the antibacterial activity of Ag. Moreover, the degrading
surfaces avoided biofilm formation and subsequent bacterial infection risks. However,
the galvanic degradation mechanisms observed in Zn-4Ag harmed the antibacterial effect,
where bacteria could penetrate through the corrosion pits. In conclusion, lower alloyed
Zn offered better mechanical reinforcement, more homogeneous degradation, and higher
antibacterial activity.

e Zn-Mg and Zn-Ag surface modification for degradation control and

endothelialisation enhancement

Based on previous conclusions, Zn—0.5Mg and Zn-2Ag were selected as alloys with a
lower volume fraction of secondary phases with better mechanical and biological
properties to improve their performance for cardiovascular stents. To that end, a dual
coating was implemented on the surfaces. First, a well-adhered PCL coating avoided early
degradation and provided surface stability. Then, the PCL layer was successfully
functionalized with synthetised RGD, REDV, and RGD-REDV platform. HUVECs could
satisfactorily attach to every functionalized surface, where the RGD-REDV platform
showed increased cell number. Thus, this dual-capacity coating showed promising results

for the re-endothelialisation of Zn alloys.

e Zn-Ag severe plastic deformation for degradation control and enhanced

antibacterial properties

Zn—-2Ag was successfully submitted to two cycles of ECAP processing, obtaining a UFG
microstructure where the AgZnsz secondary phase was not observably affected and
maintained the same distribution. The mechanical analysis reported high dependence of

the mechanical properties on the texture and grain size, showing anisotropy with the grain
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orientation. After two ECAP cycles, the alloy presented isotropic nano- and micro-
mechanical properties. Moreover, the study confirmed the antibacterial mechanism
against S. aureus of the samples by contact and not by diffusion mechanisms. The
exceptional antibacterial activity after ECAP suggested that the antibacterial effect was
due to the homogeneous distributed Ag into the Zn matrix and the more uniform surface

degradation.

Zn-based materials exhibit interesting degradation properties as bioresorbable implants.
This PhD Thesis contributed to the fundamental knowledge of the field, where the
analysis of Mg, Cu, and Ag as alloying elements for Zn provided some clues into the
proper chemical composition for the intended biomedical applications. The different
alloying element content is crucial for mechanical and degradation behaviour.
Furthermore, considering a protective coating layer to control early degradation might be
mandatory for Zn-based materials. Finally, severe plastic deformation techniques are
strongly indicated to homogenize the degradation of Zn alloys.
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From the results of this PhD Thesis, the following specific recommendations are proposed

for further investigation:

1. To investigate other Zn-xCu alloys formulations with x < 3 wt.%, expecting
mechanical improvement compared with pure Zn and less aggressive localized
corrosion than the reported for the studied Zn-Cu alloys. Alternatively, Zn-3Cu
alloy could be subjected to ECAP to homogenize its degradation.

2. To transfer the understanding of the PCL coating process to investigate other
coating techniques, e.g., dip coating, that can be used for complex implant
geometries as is the case of cardiovascular stents.

3. To perform proliferation cell assays on the functionalised surfaces to elucidate
the effectiveness of peptides on the HUVEC proliferation after the adhesion.

4. To evaluate the biological response of Zn-2Ag after ECAP via cytotoxicity tests.

Other important aspects of Zn-based alloys must be carefully considered regarding their

use as bioresorbable implants:
e Mechanical stability of Zn-based implants

The melting temperature of Zn is Tm = 419 °C, and its service temperature (0.45 Trm) is
equivalent to 38 °C. Implantable devices are sterilized, packaged, and then stored at R.T,
where strain softening, natural aging, or static recrystallization (SRX) can occur. Fan et
al. [1] related these phenomena to the atomic diffusion in the Zn lattice and recommended
alloying with Cu or Ag as lattice stabilizers due to the high energy activation they require
to diffuse. Huang et al. [2] recently reported an extensive review suggesting that strain
softening would be directly related to non-uniform elongation and suggested that Ag, Cu,
or Mn would avoid strain sensitivity events. On the other hand, the DRX occurring in the
ECAP deformation reduces the stored energy in the material and might avoid
uncontrolled SRX. Therefore, Zn-2Ag would still be a potential material for
bioresorbable implants with adequate mechanical stability, and the ECAP process would
be recommended as a post-processing route for Zn-based materials. However, further

studies to confirm this hypothesis must be performed.
e Manufacturing routes of Zn-based alloys

The low working temperatures of Zn also carry economic benefits due to the low energy

cost of conventional casting and processing. However, current techniques for
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cardiovascular stent manufacturing consist of metallic tube extrusion and laser cutting.

Consequently, the low melting point of Zn may lead to vapor Zn emissions throughout

the laser process or larger areas of heat-affected zones [3,4]. In recent years, novel

additive manufacturing techniques have attracted interest since they allow the production

of affordable personalised medical devices. Nevertheless, some fundamental issues

should be addressed, such as undesired Zn evaporation during laser powder bed fusion or

sintering complications due to the stable oxide layer surrounding Zn particles [5-8].
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