
 

 

 
Copyright Undertaking 

 

This thesis is protected by copyright, with all rights reserved.  

By reading and using the thesis, the reader understands and agrees to the following terms: 

1. The reader will abide by the rules and legal ordinances governing copyright regarding the 
use of the thesis. 

2. The reader will use the thesis for the purpose of research or private study only and not for 
distribution or further reproduction or any other purpose. 

3. The reader agrees to indemnify and hold the University harmless from and against any loss, 
damage, cost, liability or expenses arising from copyright infringement or unauthorized 
usage. 

 

 

IMPORTANT 

If you have reasons to believe that any materials in this thesis are deemed not suitable to be 
distributed in this form, or a copyright owner having difficulty with the material being included in 
our database, please contact lbsys@polyu.edu.hk providing details.  The Library will look into 
your claim and consider taking remedial action upon receipt of the written requests. 

 

 

 

 

 

Pao Yue-kong Library, The Hong Kong Polytechnic University, Hung Hom, Kowloon, Hong Kong 

http://www.lib.polyu.edu.hk 



ELASTIC ADHESIVE BANDAGE WITH 

ADJUSTABLE MECHANICAL AND LOW-

SWELLING PROPERTIES AS WEARABLE 

BIOELECTRONICS 

MO YONGYI 

MPhil 

The Hong Kong Polytechnic University 

2026



The Hong Kong Polytechnic University 

Department of Applied Biology and Chemical 

Technology 

Elastic Adhesive Bandage with Adjustable 

Mechanical and Low-swelling Properties as Wearable 

Bioelectronics 

Mo Yongyi 

A thesis submitted in partial fulfilment of the 

requirements for the degree of Master of Philosophy 

January 2026



Certificate of Originality 

I hereby declare that this thesis is my own work and that, to the best of 

my knowledge and belief, it reproduces no material previously published 

or written, nor material that has been accepted for the award of any other 

degree or diploma, except where due acknowledgement has been made in 

the text. 

(Signed) 

MO Yongyi 

(Name of student) 



II 

 

Abstract 

Skin adhesive bandages have drawn great attention as alternatives to conventional 

clinical closure techniques for healing and sealing damaged or injured wounds. 

However, current skin adhesives often exhibit compromised therapeutic efficacy due to 

excessive swelling, mismatched mechanical properties, and poor tissue adhesion. In 

addition to their traditional application in skin closure, adhesive bandages have been 

integrated into flexible electronic devices for accurate monitoring of human 

physiological signals. The secure attachment of flexible and wearable electronic 

devices requires a soft, elastic and adhesive substrate, thereby facilitating prompt, 

precise and accurate detection of physiological signals. Unfortunately, most modern 

adhesive bandage materials rely on van der Waals forces for adhesion, which can be 

easily disrupted by skin impurities, limiting their effectiveness for long-term and 

repeated usage. Therefore, the development of novel adhesive bandages is both critical 

and challenging, aiming to achieve strong and reliable tissue bonding for skin wound 

sealing as well as enhancing the accuracy and consistency of signal. 

 

In this study, we propose a soft, elastic, and adhesive bandage, which adhered firmly to 

skin tissue surfaces and exhibited excellent anti-swelling properties, for tight, fit-to-

shape skin sealing and secure fixation of flexible electronic devices. The adhesive 

bandage, termed PLD-PS, was fabricated via a simple, one-step reaction by mixing the 

poly(lactide-co-propylene glycol) dimethacrylate (P7L2DMA, where 7 and 2 denote the 

unit lengths of polypropylene glycol (PPG) and lactide (LA), respectively), 

poly(lactide-co-propylene glycol) (P7L2) and a four-arm thiol pentaerythritol tetra(3-

mercaptopropionate) (PTM) at room temperature. The photocrosslinkable and rigid 

P7L2DMA served as the structural framework, providing mechanical support and 

enabling a gentle fabrication process suitable for physiological environments. PTM, 

containing four thiol functional groups per molecule, reacted with the carbon-carbon 

double bonds (C=C) of P7L2DMA via a thiol-ene click reaction during 
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photocrosslinking, and formed robust adhesion to tissues through disulfide (S-S) bond 

formation. P7L2 primarily modulated the mechanical properties of the adhesive by 

increasing inter-chain friction and energy dissipation through hydrogen bonds. The 

PLD-PS was further functionalized by programmable patterning with liquid metal 

gallium-indium eutectic, enabling the creation of a PLD-PS-based sensor, capable of 

accurately detecting electrocardiogram (ECG) signals both in vivo and in vitro.  

 

In this project, we first synthesized P7L2 and P7L2DMA, then optimized the 

concentrations of P7L2 and PTM (from 0 to 40 wt%) of the PLD-PS. Subsequently, we 

conducted a comprehensive evaluation of the mechanical, adhesive, swelling, in vitro 

sensing properties, and in vitro biocompatibility of PLD-PS. Mechanical properties 

were assessed by measuring the tensile modulus (ranged from 0.200 ± 0.073 MPa to 

9.637 ± 0.260 MPa) and compressive modulus (ranged from 0.753 ± 0.084 MPa to 

6.920 ± 0.740 MPa), demonstrating the compatibility of PLD-PS with various soft and 

hard tissues. The PLD-PS exhibited stable adhesive strength (approximately 60 kPa) 

and outstanding burst pressure (~1500 mmHg), ensuring conformal adhesion to skin. 

Furthermore, the PLD-PS displayed minimal swelling (~2% over 5 days) and limited 

degradation (less than 15% over 21 days), supporting its long-term stability. 

Additionally, we assessed the in vitro cytocompatibility of the PLD-PS with over 95% 

of cells maintaining viability and sustained proliferation after three days of co-

incubation. What’s more, PLD-PS demonstrated excellent hemocompatibility, with a 

hemolysis ratio of less than 1%. At last, the sensing properties of PLD-PS were further 

assessed, showing a broad sensing range from 0 to over 100% strain. After 

technological advancements, we fabricated a sandwich-structured PLD-PS-based 

sensor, encapsulating liquid metal within its middle layer. The newly formed sensor 

produced stable and reproducible electronic signals, enabling the monitoring of body 

joint movements (including wrist, elbow, and finger) and the transmission of Morse 

codes (such as “SOS” and “HELLO”). We envision that our proposed adhesive PLD-
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PS bandage exhibits the potential to facilitate rapid and accurate monitoring of ECG 

signals. Moreover, we anticipate that the PLD-PS adhesive bandage will inspire further 

research in the development of advanced substrates for flexible electronic devices. 
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1. Introduction 

With an ageing population and a growing emphasis on healthier lifestyles, the demand 

for portable, wearable and implantable bioelectronic devices capable of real-time vital 

sign monitoring has become increasingly important [1, 2]. The current global market 

for wearable devices, which are normally smartwatches, has experienced rapid growth 

and technological advancement, with leading brands such as Apple, Samsung, Huawei, 

and Garmin driving innovation and shaping consumer preferences, reaching a total of 

approximately 534.6 million products sold globally in 2024 [3]. Modern products offer 

a comprehensive suite of features, including heart rate and blood oxygen monitoring, 

ECG, sleep and stress tracking, and global positioning system (GPS), reflecting a 

growing consumer emphasis on health and convenience [4]. However, the accuracy of 

these wearable and implantable devices is highly compromised by the insufficient and 

non-conformal interfacial adhesion between the device and the target site, primarily due 

to mismatched mechanical properties [5].  

 

Over the last decades, progress in materials science has led to the development of 

flexible devices with low modulus resembling human skin, to replace traditional rigid 

devices and maintain better contact for accurate human physiological monitoring in 

disease diagnosis and treatment. Nevertheless, it appears that these flexible devices tend 

to lose their interfacial adhesion with the human body due to metabolic by-products 

secreted by tissues [6]. To ensure long-term stability and fixation, conventional suturing 

and gluing strategies have been commonly used, whereas, risks of severe drawbacks 

such as tissue penetration, inflammation, and damage to surrounding tissues are 

reported [5]. These limitations underscore the urgent need for novel strategies to 

achieve reliable fixation of flexible wearable and implantable bioelectronic devices. To 

address these challenges, adhesive bandages are increasingly used as noninvasive 

alternatives, forming an adhesive layer that promotes functional adhesion between the 

tissues and flexible devices. Nevertheless, conventional adhesive bandages typically 
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rely on van der Waals forces for adhesion, which can be compromised by impurities 

from the skin, limiting their effectiveness for long-term and repeated use. Therefore, 

the development of novel multifunctional adhesive bandages is both critical and 

challenging to ensure strong and reliable bonding to tissues. This, in turn, enhances the 

precision and reliability of signal transmission at the interfaces between sensors and 

biological tissues. 

 

In addition to their application for adhesive fixation, multifunctional adhesive bandages 

have also been utilized for skin wound sealing, owing to their conformally fixing and 

adhering properties. With the advancement of modern surgical techniques, the surgical 

procedures conducted worldwide annually has surpassed 300 million [7]. Since ancient 

times, starting from the use of ant jaws, people have explored various methods for skin 

wound closure. Nowadays, conventional invasive techniques such as suturing, wiring, 

and stapling are widely utilized in clinical practice as the standard approach [8]. 

However, concerns about postoperative complications such as incomplete closure, 

bleeding, and inflammation were reported [9], with statistics showing that postoperative 

complications were observed in 31.50% of cases, including 8% of patients with major 

complications and 3.75% with postoperative mortality [10]. To address these 

limitations, some commercial adhesives are widely chosen for substitution of those 

traditional skin wound closure techniques in clinical treatment [11], such as glues, 

hydrogels and polymers, demonstrating advantages of noninvasive, convenient, and 

biocompatibility [12, 13]. Nevertheless, they still face notable shortcomings, including 

weak tissue adhesion, poor mechanical properties [14], risk of inflammation [15], and 

uncontrollable degradation [16], which weaken the applications of these adhesives. 

Therefore, all of these limitations remain a great challenge and urgent demand to 

develop novel multifunctional skin wound adhesives integrating good adhesive, 

mechanical, and sensing properties, as well as biocompatibility. 
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1.1 Wound adhesives and bandages developed for wound closure and sensing 

therapy 

The complexity of both in vivo and in vitro environments leads to diverse requirements 

for skin tissue adhesives and bandages. Ideal products should have robust tissue 

adhesion to ensure firm, conformal, and long-term attachment, thereby preventing 

treatment failure and enhancing sensing accuracy [17, 18]. Additionally, tuneable 

mechanical properties are of great importance to accommodate the varying 

characteristics of different organs and tissues [19, 20]. Furthermore, a limited swelling 

ratio is needed, as excessive swelling in the wet environment can compromise both 

adhesive and mechanical properties [21, 22], resulting in material failure and sensor 

artefacts. Despite the wide range of potential uses in tissue repair and biomedical device 

integration, most commercially available adhesives do not fully satisfy these clinical 

demands. The extensive possibilities in this field remain a focal point for ongoing 

clinical and scientific research. Here, we summarize current material optimization 

strategies related to adhesive, mechanical, and swelling properties, and further propose 

the design approach adopted in this study. 

 

1.1.1 Adhesive properties and mechanisms 

With the rapid advancement of materials science, tissue adhesives have emerged as 

indispensable tools in modern medicine, offering viable substitutes for conventional 

methods in wound closure and tissue engineering [23]. The effectiveness of these 

adhesives is fundamentally determined by their adhesion mechanisms, which generally 

depend on physical, chemical, and structural factors [24] (Figure 1-1). 
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Figure 1-1. Adhesive mechanisms for tissue adhesive materials, including physical, 

chemical and structural factors. Reproduced with permission from [24], copyright 2022, 

Elsevier. 

 

Physical adhesion occurs through various non-covalent interactions, including 

hydrophobic effects, electrostatic forces, π–π interactions, van der Waals interactions, 

and hydrogen bonds (Figure 1-2), enabling rapid and reversible adhesion [25]. For 

instance, van der Waals forces, though individually weak, become significant when 

large surface areas are involved. Hydrogen bonding, which can form between polar 

groups on the adhesive and tissue surfaces, is the most widely adopted physical 

adhesion strategy in tissue adhesives [26]. The primary advantage of physical adhesion 

is its rapid onset and reversibility, which is beneficial for applications requiring 
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temporary fixation or repeated bonding. However, physical adhesion strength decreases 

quickly in wet or dynamic environments, which are typical of physiological conditions 

[27].  

 

Chemical adhesion depends on covalent linkages between the adhesive material and 

tissue surfaces, facilitated by a variety of functional groups, such as NHS esters, 

mussel-inspired catechols, thiols, and aldehydes [23, 28] (Figure 1-2). This mechanism 

provides stronger and more durable adhesion compared to physical interactions. Wu et 

al. reported a 3D-printed adhesive that formed tight, wet adhesion to tissues by forming 

amide bonds via NHS ester groups [7]. What’s more, Tian et al. fabricated an adhesive 

hydrogel containing thiol groups, which can undergo disulfide exchange reactions and 

form disulfide bonds with thiol groups on tissue surfaces [29]. This adhesive hydrogel 

demonstrated long-lasting and robust tissue adhesion [22]. These covalent interactions 

ensure robust and long-lasting adhesion, even in moist or bleeding conditions, making 

them particularly advantageous for clinical applications where strong tissue integration 

is required. 
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Figure 1-2. Examples of chemical and physical adhesive bonds formed between 

adhesive material functional groups and tissue active groups. Reproduced with 

permission from [30], copyright 2019, Elsevier and [31], copyright 2024, Wiley-VCH. 

 

In addition to physical and chemical adhesions, structural factors are also crucial 

determinants of tissue adhesive performance. As a typical structural factor, mechanical 

interlock refers to the process by which adhesive materials penetrate into the 

microscopic crevices, pores, or irregularities of the tissue and then crosslink to generate 

a physical anchor [23]. Chen et al. synthesized an injectable sulfhydryl-based hydrogel, 

which could form tight mechanical interlock and enhance the overall wet tissue 

adhesion. This anchoring effect enhanced the overall adhesive strength by providing 

resistance to shear and tensile forces, independent of molecular interactions at the 
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interface. Mechanical interlock is particularly advantageous in wet or bleeding 

environments, where chemical and physical adhesion may be compromised. By 

combining mechanical interlock with physical and chemical adhesion, modern tissue 

adhesives can achieve superior performance, ensuring secure and durable attachment 

even under challenging physiological conditions. 

 

In summary, the adhesion mechanisms of current tissue adhesives are multifaceted, 

involving non-covalent and covalent interactions as well as mechanical interlock. The 

integration of these strategies enables the development of adhesives with enhanced 

strength for reliable tissue sealing and accurate sensing.  

 

1.1.2 Mechanical properties and adjustment mechanisms 

The human body consists of various tissues, each possessing distinct mechanical 

properties that span a wide range and are finely tuned to their physiological functions. 

Bone, for instance, is characterized by a high Young’s modulus, providing structural 

support and facilitating body movement. In contrast, soft tissues such as skin exhibit 

much lower stiffness, enabling flexibility for joint movement. These differences in 

mechanical performance underscore the critical need to engineer biomaterials with 

adjustable mechanical characteristics, enabling them to replicate or respond to the 

mechanical conditions of natural tissues. Otherwise, materials with mechanical 

properties mismatched to those of the host tissue can result in impaired integration or 

adverse biological responses, ultimately leading to treatment failure [32]. Furthermore, 

for sensing applications, the softness of adhesive bandages allows them to conform to 

the smooth, curvilinear geometry of different tissues [33], and the elasticity of adhesive 

bandages makes them suitable to serve as the substrates of strain gauge sensors. 

Additionally, stretchability and elasticity also help to accommodate body movement, 

reducing artifacts associated with relative motions and ultimately enhancing sensing 
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accuracy [34]. Therefore, the design and fabrication of bioadhesive bandages should 

take adequate consideration of their appropriate mechanical properties. 

 

Mechanical properties can be tailored by chemically grafting functional groups [35] or 

by copolymerizing with other polymers [36, 37], making polymers particularly 

attractive due to their sufficient mechanical strength and tuneable physicochemical 

properties [37-39]. For hard tissues, synthetic polymers such as poly(lactic acid) (PLA), 

poly(glycolic acid) (PGA), and their copolymers (PLGA) are commonly used because 

of their inherent rigidity and adjustable degradation rates. In contrast, for soft tissues, 

soft polymers, particularly those based on natural polymers like gelatin, hyaluronic acid, 

and alginate, are widely employed due to their tissue-like mechanical properties.  

 

Moreover, the mechanical behaviour of polymers can be finely adjusted by polymer 

concentration, crosslinking method (physical vs. chemical), and the incorporation of 

secondary networks [40]. For example, interpenetrating polymer networks (IPNs) or 

composite materials, which combine two or more polymers with distinct mechanical 

properties, can achieve a balance between strength and flexibility, allowing for the 

independent tuning of elasticity and toughness. Crosslinking density is another critical 

parameter, and increasing the degree of crosslinking in polymer networks generally 

results in higher mechanical strength and reduced elasticity [41], which is desirable for 

hard tissue applications. For instance, Cao and colleagues prepared a series of sodium 

alginate hydrogels with gradient crosslinking density, where increasing crosslinking 

density led to mechanical enhancement [42]. 

 

1.1.3 Anti-swelling properties and mechanisms 

Polymer materials in aqueous environments inevitably suffer from swelling due to 
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interactions between polymer chains and water molecules, resulting in an increase in 

volume. Severe swelling damages the molecular chain structure and significantly 

affects both adhesive and mechanical characteristics. This deterioration may ultimately 

cause functional and treatment failure and loss of material stability [21]. Several factors 

affecting swelling, including the molecular weight, the polymer’s hydrophilicity, 

crosslink density, solvent properties, and environmental conditions [43, 44]. Most 

hydrogels such as GelMA and PEG-based hydrogels, exhibit a relatively high swelling 

ratio when applied in wet environments [39, 45], concerning the performance of the 

adhesives [46, 47]. Therefore, anti-swelling properties are critical for long-term stable 

applications. 

 

Currently, anti-swelling strategies are generally divided into three main categories: 

surface hydrophobicity, solvent exchange, and high crosslinking density [48] (Figure 

1-3A). For instance, Yuan et al. modified a double-hydrophobic coating on the hydrogel 

surface through surface-confined copolymerization (Figure 1-3B). The hydrophobic 

layer significantly enhanced the water retention capability of the hydrogel, thereby 

exhibiting outstanding anti-swelling properties [49]. However, surface hydrophobic 

modification can only be applied to certain materials and primarily inhibits water 

infiltration, lacking long-term stability. In another study, Jiang et al. fabricated an anti-

swelling gel sensor by copolymerizing hydrophilic and hydrophobic monomers in a 

two-step solvent-exchange strategy [50]. The formed gels exhibited very limited 

swelling ratios with no obvious volume changes due to aggregation of hydrophobic 

groups at the material interface, and exhibited excellent underwater sensing properties 

(Figure 1-3C). Nonetheless, solvent exchange strategies often require specific solvents 

such as dimethyl sulfoxide, which may present potential biological toxicity. 
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Figure 1-3. Anti-swelling tissue adhesives. (A) Anti-swelling strategies including 

surface hydrophobic modification, solvent-exchange strategy, and high crosslinking 

density. Reproduced with permission from [48], copyright 2023, Wiley-VCH. (B) A 

tissue adhesive fabricated by surface hydrophobic modification strategy, exhibiting 

outstanding anti-swelling properties in 7 days. Reproduced with permission from [49], 

copyright 2024, Wiley-VCH. (C) An anti-swelling gel sensor fabricated by solvent-

exchange strategy with long-term stable sensing capability. Reproduced with 
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permission from [50], copyright 2024, Wiley-VCH. 

 

Consequently, primary approach for preparing anti-swelling materials involves high 

crosslink density, achieved by physical, chemical, or combined means [51]. Physical 

crosslinking utilizes non-covalent interactions (e.g., hydrogen bonds, van der Waals 

forces) (Figure 1-4B), resulting in a dynamic and reversible process, thus exhibiting 

relatively low crosslinking density. Therefore, physical crosslinked materials usually 

undergo serious swelling in wet environment [52]. Chemical crosslinking, on the other 

hand, utilizes the chemical reactions of crosslinking agents to form covalent 

crosslinking systems (Figure 1-4A), leading to significantly enhanced crosslinking 

density, and providing excellent anti-swelling effects [53]. Physical/chemical 

crosslinking combines the aforementioned non-covalent and covalent crosslinking 

strategies. However, its preparation process is too complex and requires stringent 

experimental conditions [52], making this strategy unsuitable for biomedical 

applications. 

 

In summary, employing chemical crosslinking methods with high crosslinking density 

is an effective approach for preparing anti-swelling materials suitable for long-term 

stable applications. 
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Figure 1-4. Crosslinking strategies of adhesive materials, including (A) chemical and 

(B) physical crosslinking. Reproduced with permission from [26], copyright 2022, 

Elsevier. 



13 

 

 

1.1.4 Adhesive bandages developed for monitoring human physiological activities 

Driven by the rapid advancements in biomedical engineering, flexible sensors have 

become a transformative technology for non-invasive, continuous, and real-time 

detection of physiological signals. Typical flexible bioelectronic devices are composed 

of the substrate layer (bottom), interface layer (middle), and active layer (top) (Figure 

1-5). Each of these layers serves a distinct and essential function, collectively 

determining the overall performance and functionality of the sensor. The active layer, 

which serves as the core functional layer, is primarily responsible for signal detection 

[54]. It is typically constructed from conductive materials, including conductive 

crystals, liquids, and composites [55-57]. Among them, liquid metals such as gallium-

indium eutectic (Ga-In) have attracted significant attention owning to their remarkable 

stretchability and excellent electrical conductivity [58]. The substrate layer, usually 

fabricated from soft, stretchable, elastic, and adhesive polymers or hydrogels, provides 

foundational support for the flexible device against external forces [54] such as bending, 

stretching, and twisting. Finally, the interface layer acts as a bridge to connect and 

transmit the signals from the substrate layer to the active layer, facilitating the 

integration between the two layers.  

 

Adhesive bandages are often used as the substrate layer to integrate the active layers 

and form a seamless, non-invasive interface with the dynamic and irregular human body, 

enabling accurate and reliable detection. Conductive hydrogels (such as ion gels) or 

other stretchable polymers are the most commonly utilized materials [59]. However, 

ion gels often present toxicity and tend to lose functionality due to water evaporation, 

raising concerns about their long-term application on the human body [60]. To address 

these issues, researchers have explored strategies such as copolymerization and side 

chain modification to engineer stretchable polymers [54] with enhanced 
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biocompatibility and stability. Currently, various polymer-based substrates are widely 

investigated as adhesive bandages, including polydimethylsiloxane (PDMS), 

polyethylene terephthalate (PET), and polyethylenimine [54], due to their softness and 

elasticity, which are essential for achieving conformal contact with the skin and 

minimizing discomfort during prolonged wear. However, these materials typically lack 

adhesive properties and therefore cannot maintain tight and long-term fixation for 

accurate and durable sensing.  

 

In summary, the fixation of flexible sensors depends on adhesive bandages, which need 

to take softness, elasticity, and adhesion into consideration. Achieving such a feat 

requires a careful balance between sensing performance, mechanical compliance, 

biocompatibility, and long-term stability. 

 

 

Figure 1-5. Typical functional layers of flexible bioelectronic devices, including the 

substrate layer, the interfacial layer, and the active layer from bottom to top. 

Reproduced with permission from [54], copyright 2019, American Chemical Society. 
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1.2 Materials of wound adhesives and bandages for wound closure and sensing 

Recently, tissue adhesives have experienced substantial progress, propelled by the 

clinical need for minimally invasive, effective, and biocompatible solutions for wound 

closure and tissue repair. Numerous products are now commercially available for 

biomedical applications, such as Dermabond®, SurgiSeal®, LiquiBand®, Histoacryl®, 

and Glubran 2®, all of which have obtained FDA approval for clinical use and feature 

unique formulations and application profiles. These adhesives, primarily composed of 

2-octyl or n-butyl cyanoacrylate, offer distinct advantages, including painless 

application, reduced need for follow-up visits, and favourable cosmetic outcomes. 

However, they are generally unsuitable for high-tension, deep, or heavily bleeding 

wounds and may carry a higher cost compared to traditional closure methods.  

 

Additionally, commercial wearable devices such as VivaLNK, ePatch, S-Patch-Ex, and 

Mawi Heart Patch were launched for rapid and real-time human health monitoring. 

However, only a very small number have received FDA approval, and this area remains 

under development. Furthermore, a wide variety of materials are currently under 

investigation and development, with both natural and synthetic materials being 

explored as tissue adhesive bandages, each presenting distinct advantages and 

limitations.  

 

Natural materials such as protein (e.g., gelatin, collagen) [61, 62], polysaccharides (e.g., 

hyaluronic acid, alginate, chitosan) [63-65], and polymers like fibrin [66] have long 

been favoured due to their outstanding biocompatibility and biodegradability. These 

materials are often derived from components already present in the extracellular matrix, 

facilitating integration with host tissues and minimizing immune responses. However, 

a major limitation of these natural adhesives is their poor mechanical properties [65, 67, 
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68]. For instance, gelatin- and collagen-based adhesives tend to be soft and easily 

deformed, making them unsuitable for load-bearing applications or long-term stability 

[67, 69]. Similarly, polysaccharide-based adhesives, while offering good 

biocompatibility and injectability, often lack the mechanical robustness required for 

effective tissue adhesion, especially in dynamic or high-stress environments [68]. In 

addition to weak mechanical properties, most natural adhesives also exhibit limited 

adhesive strength to tissues. This is primarily due to the lack of functional groups that 

can establish robust physical or chemical interactions with tissue surfaces. 

Consequently, their use is often restricted to superficial wounds or as adjuncts to other 

closure methods. Furthermore, the swelling behaviour of these materials in wet 

environments can be problematic. High swelling ratios, particularly in hydrophilic 

polysaccharide-based adhesives, can lead to loss of adhesive contact, mechanical 

instability, and even treatment failure [68]. 

 

To address the limitations of natural materials, synthetic polymers such as polyethylene 

glycol (PEG) and poly(N-isopropylacrylamide) (PNIPAM) have been extensively 

developed as tissue adhesives. These materials offer the advantage of tuneable 

mechanical and physicochemical properties through controlled synthesis and 

functionalization. However, unmodified synthetic hydrogels frequently exhibit 

inadequate mechanical strength and limited intrinsic adhesion to biological tissues [61, 

70-72], similar to their natural counterparts. Recent strategies to enhance the 

performance of synthetic adhesives, such as chemical grafting of functional groups (e.g., 

imine, amide, nitro) [35] and copolymerization with other materials (e.g., gelatin 

methacryloyl (GelMA) and PLGA-PEG-PLGA [36, 37]), have significantly improve 

both the mechanical characteristics and the adhesive strength of synthetic polymers [38, 

39]. The incorporation of functional groups inspired by biological adhesion 

mechanisms (e.g., Schiff bases, mussel-like catechols, N-hydroxysuccinimides (NHS), 

aldehyde groups, and thiol groups [11, 73]), has further advanced the field by enabling 
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robust covalent or non-covalent bonding with tissue surfaces, which significantly 

increases adhesive strength even in wet or dynamic environments. However, the 

fabrication processes for these advanced adhesives are often complex, involving 

multiple synthesis and purification steps, which can hinder their scalability and clinical 

translation. Moreover, most hydrogels such as GelMA and PEG-based hydrogels, 

exhibit a relatively high swelling ratio when applied in wet environments [46, 47], 

concerning the performance of the adhesives, leading to potential treatment failure. 

 

In summary, recent developments in synthetic tissue adhesives have yielded materials 

with improved adhesive and mechanical properties through chemical modification and 

copolymerization. While significant progress has been made, challenges remain, 

particularly regarding excessive swelling and the complexity of fabrication processes. 

Therefore, there is still a need for novel bandages that can be fabricated through simple 

processes, exhibiting softness, elasticity, and adhesive, to adhere firmly to irregular 

wounds or tissues, broadly adaptable to most hard and soft tissues, and anti-swell in 

wet and dynamic environments, ensuring robust tissue sealing and long-term accurate 

sensing.  
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2. Project aim 

Here, we propose a soft, elastic, adhesive, anti-swelling, and biocompatible bandage, 

termed PLD-PS, fabricated by simply mixing poly(lactide-co-propylene glycol) 

dimethacrylate (P7L2DMA), poly(lactide-co-propylene glycol) (P7L2) and a four-arm 

thiol pentaerythritol tetra(3-mercaptopropionate) (PTM) at room temperature, followed 

by UV-induced crosslinking (Figure 2-1A). The photocrosslinkable and rigid 

P7L2DMA [74] provides mechanical support and facilitates a gentle fabrication process 

at room temperature [75, 76]. The PTM contains four thiol functional groups in one 

molecule, which react with the C=C of P7L2DMA via thiol-ene click reaction [77] 

during photocrosslinking [29, 78], and form robust adhesion to tissues through disulfide 

(S-S) bond formation. The P7L2 primarily modulates the mechanical properties of the 

adhesive by increasing inter-chain friction and energy dissipation through the 

introduction of hydrogen bonds [79]. Once crosslinked, the bandage will adhere firmly 

to tissue surfaces by forming hydrogen bonds and disulfide bonds (Figure 2-1B). PLD-

PS is injectable, enabling fit-to-shape sealing of the complex, non-flat, and irregular 

geometry of wounds. In addition, PLD-PS can be pre-shaped as an adhesive patch and 

applied to tissues by gentle pressing, securing the fixation of flexible electronic devices 

(Figure 2-1C). The elastic adhesive PLD-PS bandage can be utilized as a PLD-PS-

based sensor capable of detecting finger, wrist, and elbow bending signals by further 

functionalization by programmable patterning with liquid metal gallium-indium 

eutectic (Figure 2-1D) or transmitting Morse Code information by finger bending 

(Figure 2-1E).  

 

In this project, we first optimized concentrations of P7L2 and PTM, then evaluated the 

mechanical, adhesive, swelling, and in vitro sensing properties of PLD-PS. Additionally, 

we assessed the in vitro cytocompatibility and hemocompatibility of the PLD-PS. We 

envision that the proposed PLD-PS adhesive bandage will enable rapid and accurate 

electrocardiogram (ECG) monitoring following implantation. Moreover, we hope that 
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this work will serve as an inspiration for advanced flexible device substrates. 

 

 

Figure 2-1. Schematic of adhesive bandage PLD-PS and its applications. (A) A simple 

one-step mixture for the fabrication of PLD-PS with adhesive, elasticity, 

biocompatibility, as well as anti-swelling and tunable mechanical properties. (B) The 

photocrosslinkable and rigid P7L2DMA provides photocrosslinkability and mechanical 

support, while PTM provides tissue adhesion. And P7L2 primarily modulates the 

mechanical properties of the PLD-PS. PLD-PS can form hydrogen bonds and disulfide 

bonds to skin tissues and provide robust adhesion. (C) The PLD-PS can be injectable 
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and fit to the complex, irregular geometry of skin wounds. PLD-PS can also be pre-

shaped as a patch and simply applied to the skin. PLD-PS will be utilized as (D) a PLD-

PS-based sensor for finger, wrist, and elbow bending signals detection or (E) 

transmitting Morse Code information by finger bending. 
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3. Methodology 

3.1 Synthesis, fabrication, and characterization of bioadhesive PLD-PS material 

3.1.1 Synthesis of poly(lactide-co-propylene glycol) (P7L2) 

P7L2 was synthesized following our previously reported procedure [80]. Briefly, 500 g 

PPG (MW 425 g/mol) was mixed with 342.66 g of LA (weight 2.5% more than the 

theoretical amount) in a 1-L three-necked flask at room temperature with magnetic 

stirring. The flask was then transferred to an oil bath, which was heated to 110 oC. A 

needle was placed beneath the liquid surface to gently introduce nitrogen (N2) into the 

flask, and the system was maintained for the removal of free water. Then, the mixture 

was heated at 135 oC for 5 hours until the LA was completely molten. Subsequently, 

the mixture was heated to 155 oC, and meanwhile, 139.5 μL of catalyser (stannous 2-

ethylhexanoate) was added drop-by-drop to the reactants. The mixture was maintained 

at 155 oC to initiate the reaction. P7L2 was successfully synthesized after 12 hours of 

reaction overnight. The reaction was terminated by stopping the heating and taking the 

flask out of the oil bath. 

 

3.1.2 Synthesis of poly(lactide-co-propylene glycol) dimethacrylate (P7L2DMA) 

P7L2DMA was synthesized by grafting carbon-carbon double bonds onto P7L2 as 

described below [80]. Briefly, P7L2DMA was synthesized by dissolving 300 g of the 

synthesized P7L2 in 760 mL of dichloromethane (DCM) within a 5 L three-necked flask. 

The flask was equipped with two constant-pressure dispensing funnels on the left and 

right necks and a stirring paddle in the centre. With the dispensing funnels closed, 

stirring was initiated. Two batches of methacryloyl chloride (MAC) and triethylamine 

(TEA) solutions were prepared as follows: the first batch mixed 165 mL of MAC with 

300 mL of DCM, and the second batch mixed 164 mL of MAC with 300 mL of DCM; 

the first batch of TEA mixed 200 mL of TEA with 250 mL of DCM, and the second 

batch mixed 200 mL of TEA with 250 mL of DCM. The MAC solutions were loaded 
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into one funnel and the TEA solutions into the other. A needle was placed under the 

liquid surface of the MAC solution, and N2 was gently introduced into the dispensing 

funnel. The dispensing funnels were then opened, and the MAC and TEA solutions 

were added dropwise to the P7L2 solution at 0 oC (ice bath) under a N2 atmosphere to 

initiate the reaction. After stirring for 24 hours, the reaction was terminated by stopping 

the stirring and allowing the mixture to return to room temperature.  

 

3.1.3 Purification of P7L2DMA 

To obtain pure P7L2DMA, the synthesized mixture from the previous step was first 

filtered through a double layer of filter paper in a Brinell funnel to remove large solid 

impurities. The pH was then adjusted to neutral (confirmed with pH test strips), 

followed by additional vacuum filtration. The resulting filtrate was evaporated, and 

each portion of the evaporated product was dried and mixed with methyl tert-butyl ether 

until complete precipitation of impurities and removal of TEA, MAC, and DCM. The 

concentrated filtrate was then diluted five-fold with methyl tert-butyl ether and stored 

overnight at 4 oC. A silica gel column was preloaded and allowed to settle naturally for 

one day. The diluted crude product was added to the silica gel column and eluted. All 

methyl tert-butyl ether eluent was discarded to remove small molecule impurities. 

When the product began to elute, the solution was collected. Finally, the collected 

solution was concentrated by rotary evaporation to obtain pure P7L2DMA. 

 

3.1.4 Characterization of P7L2 and P7L2DMA 

The 1H nuclear magnetic resonance (NMR) spectroscopy was used to verify the 

successful synthesis of P7L2 and P7L2DMA using a Bruker Avance-III 600 MHz FT-

NMR Spectrometer System. Specifically, 10 μL of P7L2 or P7L2DMA was added to 550 

μL of deuterated chloroform and mixed thoroughly. The mixture was then transferred 

to an NMR tube, and spectra were acquired automatically by the machine. 



23 

 

 

Raman spectroscopy was employed to evaluate the successful addition of C=C onto 

P7L2DMA using an Andor Raman Spectroscopy with 532-nm laser excitation and a 

Raman shift range of 265-4000 cm-1.  

 

Mass spectroscopy (MS) was used to evaluate the chemical composition of P7L2DMA 

using the Agilent 6540 Liquid chromatography-Electrospray Ionization Quadrupole-

Time-of-Flight Mass Spectrometer. Our P7L2DMA was dissolved in methanol for 

further quantification. 

 

3.1.5 Fabrication of bioadhesive PLD-PS material 

The bioadhesive poly(lactide-co-propylene glycol) dimethacrylate-poly(lactide-co-

propylene glycol)-pentaerythritol tetra(3-mercapto propionate) (PLD-PS) was prepared 

by directly mixing the components and stirring for 30 minutes at room temperature in 

the dark, until the mixture changed from cloudy to clear. Subsequently, the preformed 

mixture (90 wt%) was mixed with 2-hydroxyethyl methacrylate (HEMA) (9 wt%) and 

diphenyl (2,4,6-trimethyl benzoyl)phosphine oxide (Irgacure 819, 1 wt%, serving as 

the photoinitiator). The potential air bubbles in the resulting mixture were subsequently 

removed under vacuum. After degassing, the UV crosslinking box (Scientz 03-II) or 

UV torch (365 nm) was used to crosslink the bioadhesive PLD-PS. 

 

3.2 Optimization of P7L2 and PTM concentration 

3.2.1 Fabrication of bioadhesive PLD-PS material with different P7L2 or PTM 

concentration 

To optimize the concentration of P7L2, PLD-PS samples with fixed PTM concentration 
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and varying P7L2 concentrations were prepared. The fabrication process followed the 

procedure described in Section 3.2.5. 

 

Table 3-1. Component concentrations for P7L2 optimization. 

Materials Group 1 Group 2 Group 3 Group 4 Group 5 

P7L2DMA 70% 60% 50% 40% 30% 

P7L2 0% 10% 20% 30% 40% 

PTM 30% 

 

For the optimization of PTM, based on the optimization of P7L2 concentration, a 

mixture of P7L2DMA and P7L2 with fixed P7L2DMA-P7L2 ratio was prepared in 

advance. PTM was then added to the P7L2DMA-P7L2 mixture at concentrations varying 

from 0 wt% to 40 wt%. Fabrication process followed the procedure described in Section 

3.2.5.  

 

Table 3-2. Component concentrations for PTM optimization. 

Materials Group 1 Group 2 Group 3 Group 4 Group 5 

P7L2DMA:P7L2 4:3 

PTM 0% 10% 20% 30% 40% 

 

3.2.2 Mechanical properties 

Tensile mechanical properties were evaluated at room temperature using a universal 

testing machine (UTM) fitted with a 100 N load cell, in accordance with the GB/T 1040 

standard and a crosshead speed of 1 mm/min. Samples were prepared using a dumbbell-

shaped polytetrafluoroethylene mould, with dimensions in the testing region of 16.0 ± 
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1.0 mm in length, 4.0 ± 0.1 mm in width, and 2.0 ± 0.2 mm in thickness. Briefly, 700 

μL of each sample was dispensed into the mould for testing. A vacuum desiccator was 

then used to remove air bubbles from the material. After degassing, the samples were 

taken out and covered with a glass slide onto the surfaces of the samples to avoid 

oxygen. Following UV crosslinking, the glass slides were detached, and the samples 

were ready for testing. Young’s modulus, tensile strength, fracture stress, and elongation 

at break were measured. Young’s modulus was characterized as the slope of the stress-

strain curve within the elastic deformation region (MPa), fracture stress as the highest 

stress sustained by the material prior to failure (MPa), and elongation at break as the 

strain at failure (%). 

 

Compressive properties were tested at room temperature using a UTM with a 100 kN 

load cell, also following the GB/T 1040 at a loading rate of 1 mm/min. Cylindrical 

specimens (Ø 6 mm × 6 mm) were fabricated using a PDMS mould, employing a 

sample preparation process analogous to that used for the tensile testing. The 

compressive modulus was determined as the slope of the stress-strain curve within the 

elastic region and reported in MPa. 

 

3.2.3 Adhesive properties 

Lap-shear tests and 180° peeling tests were performed to evaluate the adhesive 

properties of the adhesive PLD-PS materials on tissues substrates. These evaluations 

utilized a UTM equipped with a 100-N load cell at room temperature following ASTM 

F2255 and ASTM F2256 standards, respectively (1 mm/min separation speed). Fresh 

porcine skin was sourced from the market, thoroughly rinsed with water to remove 

blood and other contaminants, and trimmed with a scalpel to remove excess hair and 

subcutaneous fat, resulting in samples approximately 3 mm thick. Additionally, to 

assess anti-leakage properties, burst pressure was measured under both air and PBS 
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conditions using PDMS and porcine skins, in accordance with ASTM F2392-04 at room 

temperature. 

 

For lap-shear tests, porcine skin was cut into rectangles measuring 25 mm × 50 mm and 

stored in PBS at 37 oC prior to testing. After adhesive PLD-PS preparation, the skin 

samples were removed from PBS and gently blotted with a paper towel to remove 

excess surface moisture. Then, 200 μL of PLD-PS was applied to the surface of the 

porcine skin, followed by UV irradiation for 5 minutes. The adhesion area was 

maintained at 25 mm in width and 50 mm in length. After crosslinking, one side of the 

crosslinked sample was adhered to a piece of porcine skin, while the opposite side was 

fixed to another piece of porcine skin using ethyl 2-cyanoacrylate glue (Deli) to ensure 

that the measured adhesive strength reflected the bond between the in situ-formed 

adhesive and the porcine skin. The back of the porcine skin was fixed to a cardboard 

using ethyl 2-cyanoacrylate glue to prevent skin deformation during tensile testing and 

measurement error. The adhesive strength was calculated using the following formula: 

Lap-shear strength = 
F

w × l
 

where F is the maximum stress recorded during the test, w is width of the adhesion area, 

and l is the length of the adhesion area. 

 

For 180° peeling tests, fresh porcine skin was cut into rectangles measuring 25 mm × 

150 mm and immersed in PBS at 37 oC for storage prior to testing. After adhesive 

preparation, the skin was removed from PBS and excess water was blotted away. Then, 

1.5 mL of PLD-PS adhesive was added to the porcine skin surface, followed by UV 

irradiation for 5 minutes to achieve crosslinking. The adhesion area was standardized 

to 25 mm × 100 mm. After crosslinking, one side of the adhesive sample was adhered 

to a piece of porcine skin, while the other side was attached to another piece of porcine 

skin using an ethyl 2-cyanoacrylate glue (Deli). To prevent deformation and ensure 
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accurate measurement during testing, the back of the porcine skin was affixed to 

cardboard using ethyl 2-cyanoacrylate glue. The interfacial toughness was calculated 

using the following formula: 

Interfacial toughness = 
2 × F

w
 

where F is the average stress measured between displacement of 25 mm and 150 mm, 

and w is the width of the specimen. 

 

For burst pressure tests, a Ø 3 mm hole was created at the testing substrate (both PDMS 

and porcine skin were used) centre using a puncher. PLD-PS was then applied to cover 

the hole, followed by UV irradiation for 5 minutes. Burst pressure was measured by 

manually squeezing a syringe (containing air or PBS) attached to the instrument and 

recording the maximum pressure before material failure. 

 

3.3 Swelling property 

The swelling properties of the bioadhesive PLD-PS material were evaluated in PBS 

solution. First of all, 0.25 g of material was added to a preformed cylindrical PDMS 

mould (Ø 10 mm × 1 mm). A vacuum desiccator was used to degas the material for 15 

minutes to remove air bubbles. After degassing, the samples were removed and covered 

with a glass slide to avoid oxygen. UV crosslinking was performed for 5 minutes, after 

which the glass slide was detached, and the samples were collected. The samples were 

weighed (denoted as W0) and transferred to individual 15 mL centrifuge tubes. Each 

tube was filled with 10 mL of PBS, and the samples were incubated on a shaker at 37 

oC, with PBS refreshed daily. At designated time points, PBS was removed, excess 

water of the samples was blotted away, and the samples were weighed using a precision 

balance (denoted as Wt). The swelling ratio was calculated using the following formula: 
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Swelling ratio (%)= 
Wt - W0

W0
 × 100% 

where Wt is the sample weights at each time point, and W0 is initial weight before 

immersion. 

 

As swelling may affect the mechanical performance of materials, the tensile mechanical 

properties of the samples after swelling were also assessed. Dumbbell-shaped tensile 

specimens were prepared as described in the previous section (3.3.2). Each specimen 

was placed individually in a separate petri dish, and 10 mL of PBS was added to ensure 

complete immersion at 37 oC, with PBS refreshed daily. At designated time points, the 

PBS was removed, the excess water of each specimen was blotted away, and tensile 

testing was carried out. Tensile properties of the samples were evaluated using a UTM 

equipped with a 100 N load cell at room temperature, in accordance with the GB/T 

1040, at a 1 mm/min crosshead speed. 

 

3.4 Water contact angles (WCA) 

Thin films were prepared according to our previous work [81]. Specifically, 0.03 g of 

material was spread onto a glass slide (22 × 26 mm). Then, a 3-(trimethoxysilyl)propyl 

methacrylate (TMSPMA)-treated coverslip (22 × 26 mm) was then used to cover the 

above glass slide. A UV light box (Scientz 03-II) was used to photocrosslink the sample. 

After crosslinking, the glass slide was detached, and a thin film was ready for WCA 

test. A small droplet of water was lightly dropped on the surface of the material, and 

WCA was measured using JC2000D_ContactAngle software, which was also used to 

analyse the WCA data. 

 

3.5 Water Vapor Transmission Rate (WVTR) 
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The water vapor permeability of the synthesized polymers (P7L2DMA, PLD-P, PLD-

PS), and a widely used flexible electronic substrate material PDMS was characterized 

by measuring the WVTR according to the ASTM E96 standard [75]. Circular specimens 

(Ø=30 mm) were prepared using PDMS moulds. Then, these samples were used to seal 

the centrifuge tubes (Ø=29 mm) containing 25 mL of deionized water. The assemblies 

were placed in the incubator at 37 oC with 35% humidity. The initial mass was recorded, 

and the subsequent water loss at different time points was also weighted for the WVTR 

calculation. The WVTR was calculated using the following formula: 

WVTR (g/hour/𝑚𝑚ଶ)= 
Mt - W0

A × t
 × 100% 

where M0 is initial weight, Mt is the sample weights at each time point, A is the exposed 

surface area of the sample and t is the time. 

 

3.6 Degradation property 

The degradation of the bioadhesive PLD-PS material was evaluated in deionized water 

(ddH2O). To prepare the samples, 2.5 g of the material was first added to a cylindrical 

PDMS mould (Ø 3 cm × 3 mm). A vacuum desiccator was then used to degas the 

material for 15 minutes to remove air bubbles. After degassing, the samples were taken 

out and covered with a glass slide, followed by UV crosslinking for 5 minutes. After 

crosslinking, the glass slide was detached, and the samples were collected and weighed 

(denoted as W0). Each sample was then transferred to an individual well of a 12-well 

plate (one sample per well). 10 mL of ddH2O was added to each well, and the samples 

were incubated on a shaker at room temperature. At designated time points, the PBS 

was removed, and excess water of each specimen was blotted. The samples were dried 

at 80 oC for 2 days to ensure complete removal of water. The completely dried specimen 

was then weighed using a precision balance (denoted as Wt). The following formula 

was used to calculate the degradation ratio: 
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C/C0 (%)= 
Wt

W0
 × 100% 

 

3.7 In vitro biocompatibility 

A thin film was first prepared according to our previous work [81] and followed the 

procedure described in Section 3.5. The formed films (attached to the coverslips) were 

then cut into ~1-cm2 pieces and transformed to a petri dish (diameter 35 mm). Before 

testing, each sample was subjected to UV irradiation for 1 hour and subsequently 

washed three times with sterile PBS to remove potential contaminants. L929 cells were 

used in this experiment and cultured in DMEM medium according to ISO 10993-5. 

PBS was used to wash and clean the cells, and trypsin was used for cell digestion. 

Mouse fibroblast L929 cells were seeded in 6-well plates at a density of 0.8 × 104 

cells/cm2. After cell adhesion, the samples were gently placed in the centre of the wells. 

After incubation for 1 and 3 days, the cells were prepared for Live/Dead and CCK-8 

staining.  

 

For Live/Dead staining, cell viability was assessed using a commercial live/dead kit. 

Briefly, the culture medium was aspirated with a micropipette from each well, and cells 

were gently washed with PBS, which was then removed. The live/dead working 

solution was prepared by diluting both Calcein-AM and PI at a ratio of 1:1000 in 

DMEM medium. Equal volumes of the working solution were added to each well, and 

the cells were incubated 30 minutes at 37 oC in the dark. After incubation, the working 

solution was removed, and the cells were washed three times with PBS. Cell viability 

was observed using a Nikon AXE laser confocal microscope. Live cells fluoresced 

green, while dead cells fluoresced red. Image J was used to quantify the cell viability 

by calculating the proportion of green cells relative to that of the total number of cells. 
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For CCK-8 staining, cell proliferation was evaluated after 1 and 3 days of incubation 

using a commercial CCK-8 kit (10%). CCK-8 reagent was diluted with DMEM medium 

at a ratio of 1:10 to obtain a 10% working solution. Equal volumes of the CCK-8 

working solution were added to each well to fully cover the bottom, and the cells were 

incubated for 2 hours at 37 oC in the dark. After incubation, the solution from each well 

of the 6-well plate was transferred to a 96-well plate (each sample was distributed into 

four sub-wells of equal volume). The absorbance at 450 nm was measured using a 

BioTek Synergy H1 multimode microplate reader. Cell proliferation was calculated 

using the following formula: 

Cell proliferation (%) = 
Absmaterial - Absblank

Abscontrol - Absblank
 × 100%  

where Absblank is the absorbance of the blank medium, Absmaterial and Abscontrol refer to 

the absorbance of cells cultured with the material extract, and the cells cultured with 

control medium DMEM, respectively. 

 

3.8 In vitro hemostasis properties 

For the hemostasis test, commercial mouse blood (Pythonbio) was used to determine 

the clotting time and blood clotting index (BCI) of the adhesives, with commercial 

thrombin serving as the positive control. Briefly, 10 μL of either the adhesive material 

or thrombin was used to coat the bottom of a 96-well plate. Prior to testing, each well 

was filled with 100 μL of DMEM and soaked for 2 days to remove impurities or 

contaminants. After soaking, the medium was removed, and the materials were washed 

three times with PBS to ensure complete removal of DMEM. Sodium citrate 

anticoagulated rat blood was mixed with 10% calcium chloride and vortexed for 10 

seconds to activate coagulation. Then, 50 μL of the activated blood was added to each 

well. At various time points, uncoagulated blood was washed by 5 mL of PBS, while 

clotted blood still remained in the well. Blood clotting time was defined as the time 

required to form a firm blood clot in each well. The absorbance of the aforementioned 
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collected PBS containing unclotted blood at 540 nm was measured by a BioTek 

Synergy H1 multimode microplate reader. The BCI was calculated through the 

following formula: 

BCI (%) = 
Abssample

Abscontrol
 × 100%  

where Abssample is the absorbance of the aforementioned PBS wash from the test sample, 

and Abscontrol is the absorbance of the 50 μL of blood dissolved in 5 mL of PBS. 

 

For the hemolysis test, commercial mouse blood (Pythonbio) was utilized to determine 

the hemolysis ratio. Briefly, 500 μL of material was used to coat the bottom of the 24-

well plate. Prior to testing, each well was filled with 500 μL of DMEM and soaked for 

2 days to remove impurities or contaminants. After soaking, the medium was removed, 

and the wells were washed three times with PBS to ensure complete removal of DMEM. 

During the test, PBS was used as the negative control, and 0.1% Triton X-100 was used 

as the positive control. Red blood cells (RBC) were collected by centrifuging (8000 

rpm, 10 minutes) and washed three times with PBS. Then, 500 μL of RBC were added 

to the surfaces of the PLD-PS samples or mixed with the control samples by gently 

pipetting and incubated at 37 oC for 1 and 8 hours. After incubation, the RBC were 

collected and centrifuged (8,000 rpm, 10 minutes), and the absorbance of the 

supernatant was measured at 540 nm using a BioTek Synergy H1 multimode microplate 

reader. The hemolysis ratio was calculated through the following formula: 

Hemolysis ratio (%)= 
Ah-Ap

At-Ap
×100% 

where Ah is the absorbance of the supernatant from the sample, Ap is the absorbance of 

the PBS negative control, and At is the absorbance of the Triton X-100 positive control. 

 

3.9 Sealing properties on different organs 
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The in vitro adhesion of PLD-PS to biological tissues, including intestine, liver, and 

kidney, was evaluated. For intestine sealing, a Ø 1 mm perforation was first created in 

the porcine intestine. PLD-PS was applied to the surface of the perforation, followed 

by UV irradiation to induce crosslinking. For liver and kidney sealing, a 2-cm incision 

was made with a scalpel, after which PLD-PS was applied and crosslinked using UV 

irradiation. 

 

3.10 Sensing properties 

A PLD-PS patch (20 × 15 × 1 mm3) was fabricated and patterned, then connected to a 

conductive tape. The relative resistance changes (ΔR/R0) of the PLD-PS-based sensor 

under different strains were recorded using a source meter (Keithley 2400) in 

conjunction with a customized UTM (Zolix) connected to the conductive tape. The 

resistance of the PLD-PS-based sensor was continuously monitored throughout the 

entire stretching process. The ΔR/R0 was calculated according to the following formula: 

ΔR

R0
 (%) = 

Rt-R0

R0
 × 100% 

where Rt is the resistance after stretching, R0 is the original resistance of the PLD-PS-

based sensor, and ΔR is the resistance change during stretch. 

 

The relative gauge factor (GF) was applied to evaluate the accuracy of the hydrogel 

during stretching. GF was calculated according to the following formula: 

GF = 

ΔR
R0

ൗ

ΔL
L0

ൗ
 

where the ΔR and R0 are the resistance changes after stretch and the original resistance, 

and the ΔL and L0 are the elongation after stretch and the original length of the PLD-

PS-based sensor. 
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The sandwich-structured PLD-PS-based sensor was fabricated through a multi-step 

process. A PLD-PS patch (20 × 15 × 0.5 mm3) was first prepared, and its surface was 

patterned with liquid metal Ga-In. The PLD-PS patch was then transferred to another 

mold (20 × 15 × 1 mm3), onto which an additional layer of PLD-PS was cast. After UV 

crosslinking, the sandwich-structured PLD-PS-based sensor was successfully 

fabricated. 

 

For cyclic sensing tests at different strains (5%, 10%, 15%, and 20%), an LCR meter 

(Tonghui) was used in conjunction with a cyclic stretch machine. The sandwich-

structured PLD-PS-based sensor was placed on the cyclic tensile platform, where the 

maximum strain was fixed during the whole testing process. The LCR meter was 

connected to the sensor, and the resistance of the sensor during cyclic movement was 

recorded. The cyclic sensing performance after immersion in PBS for one day was also 

recorded to assess the consistency of the sensor. 

 

To monitor body movements, the sensor was adhered to various joints, including the 

wrist, elbow, and finger. As in previous tests, the LCR meter was connected to the sensor, 

and the resistance changes during body movements were recorded. 

 

For Morse code detection, the sensor was adhered to the index finger. The LCR meter 

monitored resistance changes during finger bending at different frequencies, enabling 

the transmission of Morse code messages. 

 

3.11 Statistical analysis 
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GraphPad was used to perform the statistical analysis. Unless otherwise specified, all 

experiments were performed with at least three replicates. Data are presented as mean 

± standard deviation (SD). Statistical differences were assessed using one-way ANOVA. 

A p-value ≤ 0.05 was considered statistically significant, with significance levels 

indicated as follows: *p≤ 0.05, **p≤ 0.01, ***p≤ 0.001. 
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4. Results and Discussion 

4.1 Synthesis, fabrication, and characterization of PmLnDMA material 

We first synthesized P7L2DMA, where 7 and 2 represent the unit lengths of PPG and 

LA, respectively. At the beginning, the chemical structures of the initial materials (PPG, 

LA, and MAC) were first verified. After synthesis and purification, the chemical 

structures of the synthesized P7L2 and P7L2DMA were confirmed by 1H NMR 

spectroscopy. As shown in Figure 4-1, the -CH peaks of P7L2 at approximately 5.15 

ppm (k) and 1.59 ppm (j) were at the similar chemical shift as the -H peak of LA at 5.15 

ppm (e) and the -CH peaks of LA at approximately 1.59 ppm (d), which indicated the 

successful grafting of LA onto PPG. The ratio of PPG to LA was calculated by the area 

of peak h, peak j, and peak k, confirming the synthesis of P7L2. By calculating the area 

of the -OH peak of P7L2 at approximately 3.95 ppm (l), the grafting ratio of LA to PPG 

was determined to be 95.5%, further validating the reaction. The single peak of P7L2 at 

approximately 4.35 ppm was considered to be the unreacted LA. Additionally, as for 

P7L2DMA, the C=C peaks at approximately 5.59 ppm (n) and 6.15 ppm (n), as well as 

the -CH peaks at approximately 1.90 ppm (m) were at the same chemical shift as the 

C=C peaks of MAC at approximately 6.19 ppm (f) and the -CH peaks of MAC at 

approximately 1.90 ppm (g), verified the methacrylation of P7L2, indicating successful 

synthesis of P7L2DMA. By calculating the area of the C=C peaks of P7L2DMA, the 

synthesis efficiency of the methacrylation of P7L2 was calculated to be 96.75%. 
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Figure 4-1. 1H NMR spectra of PPG, LA, MAC, and the synthesized P7L2 and 

P7L2DMA. 

 

Further Quadrupole-TOF-MS was conducted to verify the chemical structure of our 

synthesized P7L2DMA (Figure 4-2). The mass to charge peak distances between 

664.3917 Da and 808.4344 Da (purple symbol), 694.4747 Da and 838.5178 Da (red 

symbol), and 722.4338 Da and 866.4756 Da (blue symbol) all corresponded to the LA 

chain segment (molecular weight: 144.13), indicating the successful grafting of LA. 
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Figure 4-2. Quadrupole-TOF-MS spectra of our synthesized P7L2DMA. 

 

In addition, Raman spectra of P7L2 and P7L2DMA were also obtained (Figure 4-3). The 

single peak observed at 1640 cm-1 corresponded to the C=C stretching vibration of the 

methacrylate, as reported in previous studies [80], further confirming the successful 

grafting of methacrylate onto P7L2. 
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Figure 4-3. Raman spectra of P7L2 and P7L2DMA. 

 

4.2 Optimization of PLD-P material 

4.2.1 Optimization of PmLnDMA substrate 

We subsequently evaluated the tensile mechanical properties of P7L2DMA and 

P68L8DMA after crosslinking. As shown in Figure 4-4, P7L2DMA exhibited a higher 

tensile modulus of approximately 10 MPa, which is suitable for most hard tissues (such 

as colon, urinary bladder, and muscle) and soft tissues (such as liver, heart, and lung) 

[82], particularly after further incorporation with PTM. In contrast, P68L8DMA 

displayed a lower tensile modulus of approximately 260 kPa, making it suitable only 

for soft tissues. The reported modulus of natural skin ranges from several kPa to several 

MPa [83, 84]. Specifically, the natural dermis has a modulus of approximately tens of 

kPa, while the epidermis has a modulus of approximately several MPa [85]. Therefore, 

P7L2DMA was more suitable for skin and most other tissues, and was selected for 

subsequent experiments. 
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Figure 4-4. Young’s modulus of P7L2DMA, P68L8DMA as well as human hard and soft 

tissues. 

 

4.2.2 Optimization of P7L2 concentration 

Since P7L2 can modify the mechanical properties and provide tissue adhesion, as 

discussed in the previous chapter, the optimization of P7L2 was conducted by evaluating 

the mechanical and adhesive properties, as well as burst pressure tolerance. In this part 

of the experiment, the PTM concentration was fixed at 30%, while the P7L2 

concentration was varied from 0% to 40% to determine the optimal formulation. 

P7L2DMA and PTM mixture with no P7L2 incorporation was designated as PLD-S. 

Eventually, the group exhibiting the most favourable properties was selected, and the 

corresponding P7L2DMA to P7L2 ratio (designated as PLD-P) was used in subsequent 

experiments. 

 

Figure 4-5 presents the macroscopic images of the PLD-PS samples with different P7L2 

concentrations subjected to compression. Without P7L2, the material behaved as a rigid 

solid and was difficult to compress. With the addition of 10% P7L2, the material 

becomes significantly softer. Further increases in P7L2 content result in progressive 
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softening of the material. These results indicated that PTM doping alone did not 

significantly alter the mechanical properties, and that substantial improvements 

occurred only when both P7L2 and PTM were present. Additionally, the material 

demonstrated excellent elasticity throughout the compression process, and the material 

returned to its original shape upon stress relief. This property contributed to enhanced 

sensing performance and data stability of the sensors.  

 

 

Figure 4-5. Images of PLD-PS with different P7L2 concentrations under compression. 

 

To address the phenomenon described in the previous section, tensile mechanical tests 

were conducted to quantitatively evaluate the mechanical properties of the materials. 

As shown in Figure 4-6, all materials exhibited elasticity. Furthermore, the tensile 

modulus of the materials decreased significantly with increasing P7L2 concentrations, 

from 4.300 ± 0.452 MPa (0% P7L2) to 0.112 ± 0.004 MPa (40% P7L2). The fracture 

stress gradually decreased from 0.702 ± 0.200 MPa (0% P7L2) to 0.063 ± 0.024 kPa 

(40% P7L2), while the elongation at break increased from 15.954 ± 4.833% (0% P7L2) 

to 29.808 ± 5.686% (40% P7L2) (Table 4-1). Notably, the groups containing 20%, 30% 

and 40% P7L2 exhibited mechanical properties that were comparable to human skin, 

which is crucial for achieving conformal adhesion to tissue [83]. 
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Figure 4-6. Tensile properties of PLD-PS with increasing P7L2 concentration. (A) The 

stress-strain curve, and (B) the tensile modulus. 

 

Table 4-1. Tensile mechanical properties of PLD-PS with different P7L2 concentrations. 

Materials Modulus/MPa Fracture Stress/MPa Fracture Strain/% 

PLD-S 4.300 ± 0.452 0.702 ± 0.200 15.954 ± 4.833 

PLD-S-10% P7L2 2.320 ± 0.175 0.420 ± 0.090 18.283 ± 4.460 

PLD-S-20% P7L2 1.368 ± 0.034 0.259 ± 0.070 19.528 ± 5.566 

PLD-S-30% P7L2 0.562 ± 0.034 0.092 ± 0.029 17.304 ± 5.272 

PLD-S-40% P7L2 0.112 ± 0.004 0.034 ± 0.006 29.808 ± 5.686 

 

Next, the adhesive properties of the material were further evaluated by the lap-shear 

method. Porcine skin was selected as the substrate due to its physiological structure [86] 

and mechanical properties [87], which closely resemble those of human skin and make 

it a common model in bioadhesive research. P7L2 facilitates material adhesion by 
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forming hydrogen bonds with tissue. As shown in Figure 4-7, the adhesive strength 

increased from 6.06 ± 0.96 kPa for 0% P7L2 to 58.00 ± 4.52 kPa for 30% P7L2. For 

comparison, the reported adhesive strengths of fibrin glue and other commercial 

adhesives are 1-10 kPa and 10-100 kPa, respectively [18]. The adhesive strength of our 

material exceeded that of fibrin glue and was comparable to commercial adhesives. 

However, the adhesion strength of the 40% P7L2 group was significantly reduced, likely 

due to exceeding the maximum stress the material could withstand. Its measured 

adhesion strength (26.779 ± 1.184 kPa) was similar to the measured fracture stress 

(0.034 ± 0.006 MPa) in Table 4-1, which corroborated the observation. 

 

 

Figure 4-7. Adhesive strength of PLD-PS with different P7L2 concentrations and 

commercial fibrin glue on porcine skin. 

 

The adhesive performance of the material on porcine skin after soaking in water for one 

day was also assessed. Figure 4-8 shows the photographs of PLD-PS with varying P7L2 

concentrations adhering to porcine skins. All adhesives adhered firmly to porcine skin 

on day 0, except for the 0% P7L2 group, which failed due to mechanical mismatch. After 

soaking in PBS for one day, only the 30% and 40% P7L2 groups remained adhered to 
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porcine skin. 

 

 

Figure 4-8. Adhesion behaviour of the in situ-formed PLD-PS on porcine skin before 

and after soaking in PBS for 24 hours. The red circles highlight areas where the PLD-

PS materials detached from the porcine skins after bending, attributed to the weak 

adhesion and mismatched mechanical properties. 

 

Finally, burst pressure was evaluated for PLD-PS with different P7L2 concentrations on 

PDMS and porcine skin under both dry and wet conditions. As shown in Figure 4-9A, 

all groups exhibited superior burst pressure exceeding human arterial blood pressure (~ 

130 mmHg) [88], with the 30% P7L2 group achieving the highest burst pressure (~1500 

mmHg, nearly ten times of human arterial blood pressure). Similar results were 

observed on porcine skin (Figure 4-9B). Burst pressure increased with higher P7L2 

concentrations, peaking at 682.55 ± 130.13 mmHg in the 30% P7L2 group. 
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Figure 4-9. Burst pressure of PLD-PS on (A) PDMS and (B) porcine skin. 

 

In conclusion, these experiments systematically evaluated the mechanical and adhesive 

properties of PLD-PS materials with varying P7L2 concentrations. The 30% P7L2 group 

demonstrated the most favourable results. Therefore, the PLD to P7L2 ratio for this 

group was designated as PLD-P, and was fixed for subsequent PTM optimization 

experiments. Unless otherwise specified, all references to PLD-P in the following 

sections pertain to this optimal group. 

 

4.3 Optimization of PTM concentration 

PTM has the potential to modify the mechanical properties of PLD-PS by forming 

hydrogen bonds with P7L2 and to provide long-term, robust tissue adhesion through the 

formation of disulfide bonds with tissue. Consequently, PTM optimization was 

performed by systematically evaluating mechanical properties, adhesive properties, and 

burst pressure tolerance. 

 

4.3.1 Mechanical properties 

Figure 4-10 presents the macroscopic images of PLD-PS with different PTM 

concentrations under applied compressive force. At 0% PTM, the material behaved as 
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a hard, rigid solid. As PTM concentration increased, PLD-PS gradually became softer, 

with the 40% PTM group being fully compressible and exhibiting the greatest softness. 

After compressive force removal, all groups restored their original shapes, exhibiting 

excellent elasticity. To quantify these observations, the mechanical properties of PLD-

PS were assessed. 

 

 

Figure 4-10. Images of PLD-PS with different PTM concentrations under compression. 

 

Tensile testing was conducted to evaluate the effect of PTM on mechanical properties. 

PLD-PS samples with different PTM concentrations were prepared for the following 

tensile tests. As shown in Figure 4-11, all formulations demonstrated notable elasticity, 

with the mechanical modulus decreasing from 9.637 ± 0.260 MPa (0% PTM) to 0.200 

± 0.073 MPa (40% PTM). The fracture stress decreased from 1.904 ± 0.429 MPa (0% 

PTM) to 0.063 ± 0.024 kPa (40% PTM), while the elongation at break increased from 

19.304 ± 4.230 (0% PTM) to 32.169 ± 9.848 (40% PTM) (Table 4-2). However, the 

elongation at break did not decrease steadily. This may be attributed to the initial 

addition of the four-armed PTM, where the introduction of flexible chains enhanced the 

slip capacity of molecular chains, resulting in increased elongation at break in the 10% 

PTM group. As PTM content increased further, more hydrogen bonds were introduced 

into the material system, and the resulting rigid interchain hydrogen bonds limited chain 
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dissociation, thereby reducing the elongation at break [89]. Finally, at 40% PTM, the 

flexible chains dominated the material system, allowing easier chain segment 

movement and improved ductility, leading to the significant increase in elongation at 

break. Thus, the mechanical properties of PLD-PS can be adjusted by PTM 

concentration, enabling compatibility with various tissues and organs. The formation 

of hydrogen bonds between P7L2 and PTM increased inter-chain friction and energy 

dissipation, while higher PTM concentrations resulted in more hydrogen bonds and 

weaker mechanical properties. This promoted the formation of conformal interfaces 

between electrodes and tissues, thereby facilitating the precision of physiological signal 

detection. 

 

 

Figure 4-11. Tensile properties of PLD-PS with increasing PTM concentration. (A) The 

stress-strain curve, and (B) the tensile modulus. 

 

Table 4-2. Tensile mechanical properties of PLD-PS with different PTM concentrations. 

Materials Modulus/MPa Fracture Stress/MPa Fracture Strain/% 

PLD-P 9.637 ± 0.260 1.904 ± 0.429 19.304 ± 4.230 

PLD-P-10%PTM 3.113 ± 0.391 0.679 ± 0.108 21.439 ± 1.638 
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PLD-P-20%PTM 1.274 ± 0.097 0.233 ± 0.064 18.706 ± 4.950 

PLD-P-30%PTM 0.562 ± 0.034 0.092 ± 0.029 17.304 ± 5.272 

PLD-P-40%PTM 0.200 ± 0.073 0.063 ± 0.024 32.169 ± 9.848 

 

When PLD-PS is applied to the skin, it experiences compressive forces in addition to 

tensile forces due to body movement. Therefore, the compressive properties of PLD-

PS with different PTM concentrations were also evaluated (Figure 4-12). The 

compressive modulus decreased from 6.920 ± 0.740 MPa (10% PTM) to 0.753 ± 0.084 

(40% PTM), which is significantly lower than that of PLD-P (433.425 ± 69.744 MPa) 

(Table 4-3). This phenomenon is attributed to the incorporation of flexible PTM. 

Notably, the compressive modulus of PLD-PS is comparable to that of natural skin. In 

summary, PLD-PS with adjustable and suitable mechanical properties was successfully 

fabricated. 

 

 

Figure 4-12. Compressive properties of PLD-PS with increasing PTM concentration. 

(A) The stress-strain curve, and (B) the compressive modulus. 

 

Table 4-3. Compressive mechanical properties of PLD-PS with different PTM 
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concentrations. 

Materials Modulus/MPa 
Fracture 

Stress/MPa 
Fracture Strain/% 

PLD-P 433.425 ± 69.744 303.990 ± 23.699 46.145 ± 2.164 

PLD-P-10%PTM 6.920 ± 0.740 7.913 ± 2.176 38.833 ± 3.005 

PLD-P-20%PTM 2.783 ± 0.222 2.761 ± 0.905 42.665 ± 3.674 

PLD-P-30%PTM 1.468 ± 0.241 1.265 ± 0.361 39.793 ± 6.314 

PLD-P-40%PTM 0.753 ± 0.084 0.928 ± 0.233 44.118 ± 2.506 

 

4.3.2 Adhesive properties 

When in contact with skin, PLD-PS rapidly formed instantaneous adhesion through 

hydrogen bonding, followed by the gradual formation of strong covalent disulfide 

bonds between the material and the skin, ensuring long-lasting and stable adhesion. To 

quantify adhesive strength, the in situ-formed PLD-PS was tested on porcine skin 

through the lap-shear method. For this evaluation, the side of the adhesive not in contact 

with porcine skin was fixed to another porcine skin using commercial glue, ensuring 

that the measured value reflected the adhesive strength of PLD-PS. As shown in Figure 

4-13A, adhesive strength remained relatively low (less than 20 kPa) at lower PTM 

concentration and increased gradually, reaching a maximum of approximately 60 kPa 

at 40% PTM. Additionally, the interfacial toughness of PLD-PS after crosslinking was 

measured by the 180º peeling test. Similarly, the side of PLD-PS not in contact with 

porcine skin was fixed to another piece of porcine skin with commercial glue to ensure 

accurate measurement of interfacial toughness. As shown in Figure 4-13B, increasing 

PTM concentration led to a significant enhancement in interfacial toughness, rising 
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approximately ten-fold from ~37.5 J/m2 (0% PTM) to ~459 J/m2 (40% PTM). These 

findings demonstrated the excellent adhesive properties of PLD-PS on porcine skin, 

which were essential for conformal adhesion, effective tissue sealing, and improved 

sensing accuracy. 

 

 

Figure 4-13. The (A) adhesive strength and (B) interfacial toughness of PLD-PS with 

different PTM concentrations on porcine skin. 

 

However, hydrogen bonds formed between the adhesive material and the tissue could 

be easily disrupted in the presence of water [90], resulting in reduced transient adhesion 

and potentially affecting subsequent disulfide bond formation. Therefore, the adhesive 

strength of PLD-PS was evaluated after immersion in water. Adhesion to porcine skin 

was assessed on day 0 and after soaking in PBS for one day. As shown in Figure 4-

14A, only the 30% PTM and 40% PTM groups adhered firmly to porcine skin on day 

0, other groups failed due to mismatched mechanical properties and insufficient 

adhesion. After soaking in PBS for one day, only the 30% PTM and 40% PTM 

maintained adhesion to porcine skin. The tissue adhesion provided by PTM resulted 

from the formation of disulfide (S-S) bonds with tissues, which were typically resistant 
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to breakage under physiological conditions, ensuring robust adhesion. Adhesive 

strength measurements after soaking (Figure 4-14B) showed a similar trend, 

confirming the superior water-resistant adhesive properties of the 30% PTM and 40% 

PTM groups. 

 

 

Figure 4-14. (A) Images of the adhesion behaviour of the in situ-formed PLD-PS with 

different PTM concentrations adhering to the porcine skin before and after soaking in 

PBS for 24 hours. The red circles highlight areas where the PLD-PS materials detached 

from the porcine skins after bending, attributed to the weak adhesion and mismatched 

mechanical properties. (B) Adhesive strength of PLD-PS with different PTM 

concentrations on porcine skin after soaking in PBS for one day. 

 

4.3.3 Burst pressure tolerance 

To assess pressure tolerance, burst pressure was measured on both PDMS and porcine 

skin. PDMS served as the substrate for assessing the burst pressure tolerance of PLD-

PS against commonly used engineering solids. Both air and PBS were pumped out to 

test pressure tolerance under dry and wet conditions. Figure 4-15Ai shows that nearly 

all groups exhibited burst pressures exceeding 1000 mmHg, far surpassing human 

arterial blood pressure (~ 130 mmHg) in both conditions, due to the formation of 
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mechanical interlocks (Figure 4-15Aii&Aiii). Porcine skin was also used to mimic 

human skin function, and PLD-PS demonstrated enhanced anti-leakage properties, with 

the highest (495.04 ± 68.47 mmHg) observed in the 30% PTM group (Figure 4-15B). 

 

 

Figure 4-15. Burst pressure of PLD-PS on (Ai) PDMS and (Bi) porcine skin. (Aii) The 

plug-shaped PLD-PS formed in situ on PDMS during application. (Aiii) Schematic 

diagram of the mechanical interlock formed between adhesives and tissues. (Bii) The 

plug-shaped PLD-PS formed in situ on the porcine skin. 

 

Notably, compared with commercial adhesive products (such as fibrin glue and 

cyanoacrylate) and recently reported adhesive materials [21], PLD-PS exhibited 

significantly higher burst pressure (Figure 4-16). 
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Figure 4-16. Burst pressure of some recently reported adhesive materials. 

 

In summary, the 40% PTM group exhibited soft mechanical properties and reliable 

adhesion performance, making it the optimal choice for subsequent experiments. 

Unless otherwise specified, all subsequent references to PLD-PS refer to the 40% PTM 

group. 

 

4.4 Physical properties 

4.4.1 Swelling 

Current adhesives tend to swell in aqueous environments, which adversely affects their 

applications (including their mechanical properties, adhesive properties, and in vivo 

biocompatibility). Previous studies have reported that swollen materials exhibit reduced 

mechanical properties, resulting in strain mismatch between the material and tissue, 

thereby further weakening adhesion [21]. Additionally, swelling has been shown to 

induce severe chronic inflammatory responses in rat subcutaneous muscle [22]. 

Therefore, we evaluated the swelling properties of PLD-PS in PBS, where the volume 

increase of PLD-PS was barely visible over 120 h (Figure 4-17). As shown in Figure 
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4-18A, PLD-PS exhibited a limited swelling ratio (~ 2%) over five days. This minimal 

swelling was attributed to the tight covalent crosslinking network and the abundance of 

hydrophobic groups in PLD-PS, which restricted water penetration. To further evaluate 

the impact of swelling on mechanical properties, we conducted tensile tests after 

immersion for seven days. The results showed that swelling had no significant effect 

on the mechanical properties of PLD-PS (Figure 4-18B). These findings confirm the 

low swelling property of PLD-PS, supporting its potential for long-term stable 

application. 

 

 

Figure 4-17. Swelling exhibition of PLD-PS before and after immersion in PBS for 

120 hours. 
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Figure 4-18. Swelling properties of PLD-PS. (A) Swelling ratio of PLD-PS with a 

function of time. (B) Mechanical properties of PLD-PS after swelling. 

 

4.4.2 Water contact angle (WCA) 

The hydrophilicity significantly influences both the adhesive and swelling properties of 

the materials. Therefore, we evaluated the hydrophilicity of PLD, PLD-P and PLD-PS 

using water contact angle measurements. As indicated in Figure 4-19, PLD exhibited 

the largest WCA, indicating hydrophobicity. Further incorporation of P7L2 turned PLD-

P into a hydrophilic material by introducing hydrogen bonds, resulting in a decreased 

WCA. Conversely, the addition of PTM, as a hydrophobic group, to PLD-P 

significantly increased the hydrophobicity of the material. The existence of a hydration 

layer at the interface can impede effective interactions between the adhesive and the 

substrate, resulting in a sharp reduction in adhesion performance. In contrast, the 

hydrophobic properties of PLD-PS facilitate drainage, helping to eliminate the hydrated 

water at the adhesion interface and thereby enhancing the material’s adhesion to the 

skin. 
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Figure 4-19. Water contact angles of PLD, PLD-P and PLD-PS. 

 

4.4.3 Water vapor transmission rate (WVTR) 

It was reported that the human body will insensibly lose water in the form of moisture 

vapor from the skin at an average evaporation rate of 23–28 g/hour·mm2 for 

thermoregulation under the rest condition, where hands and soles exhibited a relatively 

higher perspiration rate of >30 g/hour·mm2 [91], while this rate will be enhanced during 

exercise. Thus, the breathability is of great importance for the wearability of the sensors. 

What’s more, for the traditional hydrogel-based flexible sensors, water evaporation may 

lead to dehydration, structural collapse and shrinkage, which challengingly limit the 

long-term application of those sensors and impact their electronic sensing performance 

[92]. Therefore, the controlled permeable capacity was quantified through the water 

vapor transmission rate (WVTR) (Figure 4-20). It was found that the widely utilized 

flexible substrate PDMS and our PLD group presented markedly decreased 

permeability, with the WVTR of ~5 g/hour·mm2 and ~36 g/hour·mm2, respectively, due 

to their high-density microstructure and high hydrophobicity, which may hinder the 

evaporation of sweat from the skin and lead to inflammation after long-term wearing 

[93]. On the other hand, the PLD-P formed a relatively weak crosslink network and 

exhibited hydrophilicity, showing WVTR of ~70 g/hour·mm2, which may cause fast 

water erosion to the sensing layer and reduce the service life of the flexible sensor [94]. 
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Encouragingly, we observed that the PLD-PS exhibited a moderate WVTR of ~45 

g/hour·mm2, which could be attributed to the formation of the covalent crosslink 

network. This moderate WVTR value helps to balance the skin comfort and sensing 

layer protection of a wearable flexible sensor. 

 

 

Figure 4-20. Water vapor transmission rate of PLD, PLD-P, PLD-PS and a widely used 

flexible substrate PDMS. 

 

4.4.4 Degradation 

We also evaluated the degradation rates of PLD, PLD-P, and PLD-PS in deionized water 

(ddH2O). As shown in Figure 4-21, all three groups demonstrated slow degradation, 

with less than ~25% mass loss over 21 days. PLD possessed a tight cross-linked 

network and exhibited the slowest degradation rate (~ 3% mass loss). After doping with 

P7L2, the crosslinked network of PLD-P was dispersed, as P7L2 could not form covalent 

crosslinks with P7L2DMA due to the absence of carbon-carbon double bonds. Instead, 

P7L2 depended on non-covalent interactions, including hydrogen bonds and van der 

Waals forces, which were weakened upon immersion in water, resulting in unstable 

crosslinks and the fastest degradation rate among the three materials. Further 

incorporation of PTM into PLD-P enables the tetra-armed thiol PTM to form covalent 
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crosslinks with P7L2DMA via Michael addition, confining free P7L2 within the 

crosslinked network of PLD-PS. However, the non-covalent interactions between PTM 

and P7L2 remain weak, resulting in a moderate degradation rate of PLD-PS. 

 

 

Figure 4-21. Degradation of PLD-PS in ddH2O for 21 days. 

 

4.5 Biocompatibility 

4.5.1 Cytocompatibility 

While outstanding mechanical strength and adhesion are crucial characteristics for 

adhesives, biocompatibility remains a fundamental requirement for their in vivo 

applications. After optimizing the concentrations of P7L2 and PTM, we evaluated the 

biocompatibility of P7L2DMA, PLD-P, and PLD-PS by culturing L929 cells with 

material extracts, while the commercial product cyanoacrylate glue (COMPONT®) was 

utilized as a control. In the live/dead assay, all materials demonstrated cytocompatibility 

similar to that of the control medium, with no observable dead cells after one and three 

days of culture (Figure 4-22A). All groups still maintained over 95% viability after 

three days of incubation (Figure 4-22B). However, cyanoacrylate glue exhibited 

cytotoxicity of ~91% viability in three days, which is attributed to the rapid degradation 

into cyanoacetate and formaldehyde [95]. 
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Cell proliferation was further assessed using the CCK-8 assay after one and three days 

of incubation (Figure 4-22C). The sustained and stable increase in cell growth indicated 

that none of the materials had a detrimental effect on cell proliferation, while the 

cyanoacrylate glue presented inhibited proliferation as its degradation products induced 

acute and chronic inflammation [96]. These results confirmed the good 

cytocompatibility of our PLD-PS material, demonstrating its potential for biomedical 

applications. 

 

 

Figure 4-22. In vitro biocompatibility of PLD, PLD-P, and PLD-PS after 1 and 3 days 

of culture. (A) Live & dead staining, (B) cell viability and (C) cell proliferation. 

 

4.5.2 Hemocompatibility 

An in vitro haemolysis test was conducted to evaluate the hemocompatibility of PLD-

PS, using PBS as the negative control and Triton X-100 as the positive control. As 

shown in Figure 4-23A, all three material groups appeared clear and transparent, 
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similar to the negative control group, whereas the positive control group exhibited a red 

coloration. Quantitative analysis of the supernatants (Figure 4-23B) showed that the 

haemolysis ratio for all samples was below 1%, well within the ISO 10993-5 safety 

threshold of 5%, indicating excellent hemocompatibility. 

 

 

Figure 4-23. In vitro hemocompatibility of PLD-PS. (A) Images of haemolysis and (B) 

haemolysis ratio after 1 and 8 hours of incubation. 

 

4.6 Sealing of different organs 

In addition to the application as a skin tissue adhesive, our PLD-PS was also approved 

to be successfully utilized for various tissue sealing. To demonstrate the biological 

adhesion properties of PLD-PS on various organs, we applied the material as a tissue 

sealant to the intestine, kidney, and liver. As shown in Figure 4-24, PLD-PS achieved 

secure adherence to these organs, with the capacity to flexibly conform to dynamic 

tissues. For liquid sealing efficiency, PLD-PS effectively sealed the needle-punctured 

hole and prevented liquid leakage from perforated, liquid-filled porcine intestine under 

high pressure. For tissue closure, PLD-PS provided tight sealing of the severed kidney 

and liver. These results suggested the diverse tissue adhesion capacity and adaptability 

of PLD-PS. 
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Figure 4-24. Sealing performance of PLD-PS on kidney, intestine and liver. 

 

4.7 Sensing properties 

Finally, we evaluated the sensing performance of the PLD-PS-based sensor under 

different strains (Figure 4-25). The samples demonstrated a broad sensing range (from 

0 to over 100% strain). Sensitivity was quantified using the gauge factor (GF), where 

higher GF values correspond to enhanced sensitivity, which is an important attribute 

for the precise detection of localized physiological signals, such as pulses. The result 

showed that the GF of the sensor increased with strain, and eventually reached 2.38. 
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Figure 4-25. Relative resistance and relative GF changes as a function of tensile strain. 

 

The stability of the PLD-PS-based sensor was further evaluated by monitoring 

resistance changes under cyclic stretch. As shown in Figure 4-26, over ten cycles, the 

resistance consistently increased when the sensor was stretched and decreased upon 

release. However, after every single cycle, the resistance did not fully recover to its 

initial value, instead exhibiting a gradual upward trend, with an overall increase of 37.9% 

after ten cycles. This phenomenon is attributed to the high surface tension of the liquid 

metal Ga-In [58], which shows a tendency to cohesion during stretching, resulting in 

cracks in the stretched circuit and a consequent rise in resistance (Figure 4-27). To 

address this issue, a sandwich-structured sensing patch was developed, in which the 

Ga-In circuit layer was encapsulated within the middle of the structure. This design 

prevents circuit breakage and liquid metal leakage, thereby enhancing sensing stability. 

By geometrically confining and guiding the extension of the Ga-In layer, this approach 

addresses the defects and cracks caused by the high surface tension of the liquid metal, 

ultimately enabling long-term and stable sensor performance. 
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Figure 4-26. Relative resistance changes of PLD-PS-based sensor at 10% strain. 

 

 

Figure 4-27. Cracking performance of Ga-In during the stretch process. 

 

Figure 4-28 presents the relative resistance changes of the sandwich-structured PLD-

PS-based sensor under cyclic strains of 5%, 10%, 15% and 20%, respectively. The 

electrical signals generated at different strains exhibited clear distinctions, with a 

direction proportionality between the maximum ΔR/R0 and the applied strain. What’s 

more, the sensor demonstrated stable and highly reproducible sensing performance 

throughout the tests, indicating that the sandwich-structured design effectively 
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enhances both the stability and durability of the sensor. 

 

 

Figure 4-28. Changes in the relative resistance of the PLD-PS-based sensor under 5%, 

10%, 15% and 20% dynamic stretch. 

 

After that, the PLD-PS-based sensor was immersed in PBS and soaked for 1 day. The 

relative resistance during cyclic stretch after immersion (Figure 4-29) presented 

consistent, stable, and repetitive signals compared to Figure 4-28. This remarkable 

retention of the electronic sensing performance in the prolonged aqueous environment 

is attributed to the superior anti-swelling and low degradation properties of our material. 

Furthermore, the confined sandwich structure effectively minimized the fluid erosion 

and stabilized the conductive functional layer. This result confirmed the potential for 

reliable long-term practical applications. 

 



65 

 

 

Figure 4-29. Relative resistance signals of the PLD-PS-based sensor under 5%, 10%, 

15% and 20% dynamic stretch after immersing in PBS for one day. 

 

Subsequently, the sensor was attached to different parts of the human body, including 

the wrist, elbow, and finger, where the signal generated by body movement was 

recorded. As shown in Figure 4-30, the electrical signals obtained from different parts 

of the human body reflect differences in diverse human activities, and the sensing 

signals exhibited high repeatability and stability throughout the measurements. 
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Figure 4-30. Relative resistance of the PLD-PS sensor during movement in the wrist, 

elbow, and finger. 

 

Moreover, by integrating Morse code, the PLD-PS sensors are capable of transmitting 

various alphanumeric messages, such as “SOS” (Figure 4-31A) and “HELLO” (Figure 

4-31B). 

 

 

Figure 4-31. The PLD-PS-based sensor outputs the letters (A) “SOS” and (B) “HELLO” 

of Morse code. 

 

These results demonstrate that the sandwich-structured PLD-PS-based sensor exhibits 

excellent responsiveness, repeatability, and stability. The sensor is capable of both 

monitoring human joint movements and transmitting Morse code information. 

Consequently, the PLD-PS-based sensor shows potential for the detection of human 

biological signals. 
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5. Conclusions and recommendations for future work 

5.1 Major findings and conclusions 

In this study, we developed a soft, elastic, and adhesive bandage called PLD-PS, 

fabricated by simply mixing crosslinkable P7L2DMA, P7L2, and PTM. This bandage 

featured tuneable mechanical properties and anti-swelling properties for use as a tissue 

sealant and in human physiological signal detection. Initially, we synthesized two 

PmLnDMA materials with different m and n concentrations (P7L2DMA and P68L8DMA), 

and evaluated their mechanical properties. By comparing these mechanical properties 

with those of various tissues, we finally selected P7L2DMA as the framework for PLD-

PS. 

 

Subsequently, we optimized the concentrations of P7L2 and PTM by assessing the 

mechanical and adhesive properties of PLD-PS. The mechanical properties of PLD-PS 

were tuneable, with Young’s modulus ranging from approximately 10 MPa to 100 kPa, 

by adjusting P7L2 and PTM concentration, and meanwhile exhibiting elasticity, making 

it suitable for both hard and soft tissues. Regarding adhesive properties, PLD-PS 

exhibited robust adhesion to porcine skin, surpassing that of the widely used 

commercial product fibrin glue, and maintained adhesion even after immersion in PBS, 

indicating its potential for tight and conformal adhesion. The anti-leakage properties of 

PLD-PS were also evaluated on PDMS and porcine skin under both dry and wet 

conditions. PLD-PS was shown to withstand extremely high burst pressure (about 6.7 

times greater than human arterial blood pressure) by forming a mechanical interlock to 

prevent leakage. We further assessed the anti-swelling properties (less than 2% over 5 

days, with no impact on mechanical properties) and degradation properties (less than 

15% over 21 days), confirming the long-term stability of PLD-PS. Haemostatic 

performance was also tested. Although PTM incorporation accelerated haemostasis 

compared to the non-PTM group, PLD-PS did not outperform the commercial 
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haemostatic material. Additionally, the biocompatibility of PLD-PS, including 

cytocompatibility and hemocompatibility, was also evaluated. PLD-PS demonstrated 

good cytocompatibility compared with the commercial cyanoacrylate glue 

(COMPONT®), with sustained cell growth after three days of incubation, and excellent 

hemocompatibility, with a very low haemolysis ratio after eight hours of direct contact. 

We then applied PLD-PS to various organs, where it showed effective liquid sealing 

and tissue closure, confirming its highly conformal adhesion to various of dynamic 

tissues. Finally, we fabricated conductive patterns using liquid metal on the surface of 

the PLD-PS bandage and evaluated the sensing performance of the PLD-PS-based 

sensor under different and cyclic strains, and compared the sensing performance after 

one day of immersion in wet environments. We also successfully applied the sensor to 

various joints for the detection of body movements and transmitting Morse code signals. 

 

Given these advantages, we believe that PLD-PS has significant potential to serve as a 

novel adhesive bandage for sutureless tissue repair and accurate human physiological 

signal monitoring. 

 

5.2 Recommendations for future work 

In this project, we developed a novel soft, elastic, and adhesive bandage, PLD-PS, for 

wound closure and human physiological signals detection. However, certain limitations 

remain in both applications that require further optimization and improvement. 

 

For wound closure applications, although we achieved tuneable mechanical properties, 

the current system still exhibited brittleness, with a maximum strain tolerance of no 

more than 40% during tensile testing. Therefore, further research should focus on 

enhancing the toughness of PLD-PS. Furthermore, the elasticity of PLD-PS needs to be 
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quantified by cyclic tensile tests. Additionally, while PLD-PS demonstrated superior 

adhesive properties compared to commercially available products in porcine skin, its 

instantaneous adhesion relied on hydrogen bonding, which was significantly weakened 

by water molecules, resulting in a reduced underwater adhesion. What’s more, the burst 

pressure of the pre-formed adhesive PLS-PS patches was also needed, to evaluate the 

sealing performance of the sensing patch. Therefore, future work will also improve the 

wet adhesion properties of PLD-PS to broaden its application scope. Furthermore, our 

work has progressed only to the cellular experimentation stage. Subsequent plans will 

involve subcutaneous implantation of PLD-PS in rats to assess the inflammatory 

response post-implantation and evaluate in vivo biocompatibility. 

 

For human physiological signal detection, current circuit fabrication processes remain 

immature, resulting in relatively low sensing sensitivity (GF). Subsequently, we will 

further optimize the circuit fabrication process, trying to fabricate more complex and 

practical circuits. Additionally, the present study has only tested the electrical resistance 

of the material under different strain conditions in vitro and for only one day, without 

yet assessing human psychological signals (such as ECG, pulse, etc.), as well as long-

term sensing performances. To address this limitation and systematically advance this 

work, the following experimental investigations will be involved, including but not 

limited to the evaluation of repeatable sensing performance under hundreds of cyclic 

tensile in long-term applications, the consistency of resistance response, fatigue 

behaviour, and hysteresis in load-unload curves. What’s more, resistance response 

under combined deformation modes such as bending, torsion, and point loading will 

also be evaluated to align with real-world applications. Further, we will apply the PLD-

PS-based sensor to animal models for in vivo collection and monitoring of 

electrocardiographic signals. We also plan to attach PLD-PS sensors to the human body 

for pulse signal acquisition and monitoring. By these experiments, we hope to 

comprehensively assess the realistic sealing and sensing performance of the bandage 
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under physiological environments, and gain a deep understanding of the sensing signals 

for reliable application, thereby developing high-performance and highly reliable 

flexible sensing systems. 
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