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Abstract 

During the past decades, the number of surgeries has seen a dramatic increase, from 

around 187.2 million cases in 2004 to 312.9 cases undertaken in 2012. The dynamic 

and rapid fluctuations in patients’ physiological status underscore the imperative need 

for real-time monitoring devices capable of providing prompt and accurate feedback on 

changes in patient conditions. Implantable devices have garnered significant attention 

in recent years due to their capacity to give continuous1 and real-time physiological 

monitoring, enabling the assessment of various vital parameters, including arterial 

blood pressure and blood gas analysis via arterial lines, intracranial pressure via

intracranial pressure monitors, and deep vein thrombosis. The widespread adoption of 

implantable monitoring devices has not only met the existing clinical demands but also 

driven the development of more advanced implantable monitoring technologies, 

fostering a self-reinforcing cycle of innovation and clinical need. However, several 

limitations often hinder existing implantable monitoring devices, including the need for 

high patient compliance, compromised stability2-4, and sensitivity, which can 

compromise their overall performance and clinical utility.  

Patient non-compliance and complex medical interventions can compromise the 

functionality of implantable monitoring devices. Fiber-shaped devices, inspired by 

arterial lines, offer a promising solution due to their minimal interface and high 

stability5, 6. However, ensuring these devices’ structural and signal stability during 

implantation in flexible tissues and organs is crucial to obtaining accurate and reliable 

data. Researchers have succeeded in fiber-shaped transistors for electrochemical 

sensing, fiber-based strain sensors, and fiber-based capacitive sensors. However, 

achieving a balance between stability, biocompatibility, and multifunctionality remains 

a significant challenge in developing implantable monitoring devices.  
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Here, we introduce a novel, multi-functional electrochemical fiber-shaped blood sensor, 

denoted as TIEFS (transducer-interlayer-EGaIn fiber sensor), featuring a simple design. 

The sensor exhibits high sensitivity towards sodium ions, with a detection limit of 147 

mV/decade due to the incorporation of a capacitive interlayer comprising 

polytetrafluoroethylene/perfluoropolyether/multi-walled carbon nanotubes 

(PTFE/PFPE/CNTs) that enhances the detected signal through improved capacitance. 

Notably, the fiber's three separate conductive channels enable the simultaneous 

detection of sodium and potassium concentrations without significant electrical 

crosstalk. The TIEFS demonstrates stable sensing performance under various 

conditions, including bending and soaking in solution for 7 days, and exhibits a high 

resolution of 100 μm for potassium detection, as well as a low signal drift of 0.9678 

mV/h. Furthermore, we successfully demonstrated the feasibility of implantation by 

testing the sensor's performance in detecting sodium and potassium concentrations in 

Sprague-Dawley (SD) rats and human blood. The TIEFS is promising for clinical 

applications due to its simple fabrication process and high stability, making it a 

potential candidate for future biomedical applications. 
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Chapter 1 Introduction 

1.1 Background and Challenges 

The pursuit of advanced diagnosis devices always stands in the front of biomedical 

innovation, especially in critical care7 and surgical monitoring8. Monitoring blood 

content (such as oxygen, carbon dioxide, sodium, glucose, and pH) matters 

significantly in analyzing a patient’s respiratory and metabolic functionality9. 

Traditionally, blood gas analysis is performed through arterial blood sampling, a 

process that, despite its accuracy, is invasive, intermittent, and often stressful for the 

patient10. This method's inherent limitations underscore the urgent need for alternative 

approaches that offer continuous, real-time monitoring capabilities. 

 

The booming emergence of flexible wearable devices in recent years has marked a 

significant shift in the landscape of patient monitoring. These devices, which range 

from surface patches11 to implantable sensors12, promise a new era of healthcare where 

continuous monitoring outside the clinical setting is feasible and practical. However, 

the application of such technologies to blood gas monitoring, especially in an 

implantable format, still needs to be explored. This gap is particularly pronounced in 

surgical and critical care environments, where real-time blood gas analysis could 

dramatically enhance patient management and outcomes. 

 

The critical importance of real-time monitoring in blood gas analysis stems from the 

dynamic nature of the human body's respiratory and metabolic processes for the rapid 

fluctuation of parameters in response to physiological changes, medical interventions, 

or the onset of complications13. In surgical settings, the ability to monitor these changes 

in real-time could provide clinicians with invaluable insights, enabling timely 

adjustments to ventilation, oxygen therapy, and other critical interventions. Similarly, 
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in critical care, continuous blood gas monitoring could facilitate the early detection of 

adverse events, guiding interventions to prevent the escalation of patient conditions. 

 

Despite the apparent demand for innovative solutions, developing implantable sensors 

for multiplexed blood gas monitoring faces significant challenges. Current research in 

fiber-shaped electrochemical biosensors has primarily focused on single-analyte 

detection, with limited exploration into multifunctional designs. This focus has resulted 

in a scarcity of solutions capable of addressing the multifaceted requirements of blood 

gas analysis, including the simultaneous monitoring of multiple indicators, long-term 

stability in the physiological environment, and minimal invasiveness. 

 

The challenge is further compounded by the stringent performance criteria for 

biosensors, which must exhibit high selectivity, sensitivity, and rapid response times 

for each analyte14. Additionally, the biosensors must be biocompatible, flexible, and 

durable enough to withstand the physiological conditions within the body over 

extended periods5. Achieving these criteria necessitates a multidisciplinary approach, 

combining advances in materials science, nanotechnology, and electrochemical sensing 

techniques. Developing novel materials and fabrication methods capable of integrating 

multiple sensing elements within a single fiber is crucial. These materials must facilitate 

the selective detection of each target gas and ensure the sensor's overall structural 

integrity and performance. 

 

In conclusion, developing fiber-shaped implantable electrochemical biosensors for 

blood gas monitoring represents a challenging medical technology frontier. Addressing 

this application's complex demands requires technical innovation and a deep 

understanding of the physiological context in which these sensors will operate. Success 

in this endeavor has the potential to revolutionize patient monitoring in critical care and 

surgical settings, offering a new level of insight into patient physiology and 

significantly improving clinical outcomes. 



18 

 

1.2 Research Objectives 

To address the abovementioned problems, this project aims to develop a 

multifunctional and implantable fiber-shaped sensor to monitor the real-time 

fluctuation in blood. The following are the detailed objectives of this project: 

 

i) To develop fiber-shaped sensing electrodes with multi-channel configuration through 

a continuous spinning strategy, 

 

ii) To assemble the multifunctional fiber-shaped biosensors by utilizing the multi-

channel fiber-shaped sensing electrodes, 

 

iii) To study the electrochemical and mechanical properties of the fiber-shaped 

biosensors, 

 

iv) To investigate the implantability of the fiber-shaped biosensors and evaluate their 

applications in blood gas sensing. 

 

1.3 Significance and Values 

To date, the realm of implantable blood monitoring devices is witnessing a meteoric 

rise, positioning themselves as the avant-garde in the domains of flexible electronics 

and healthcare innovation. The advent of fiber-shaped, multifunctional blood 

monitoring sensors heralds a new era, promising to revolutionize how medical 

practitioners can swiftly and conveniently assess the physiological status of their 

patients. This groundbreaking technology facilitates the immediate and efficacious 

evaluation and intervention of patient conditions, thereby forestalling any potential 

worsening of their health status. 
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Moreover, the single fiber design of these devices significantly minimizes the wound, 

a pivotal advancement in medical procedures. The inherent flexibility of these 

biosensors markedly diminishes the risk of inflicting damage on adjacent tissues during 

the implantation process. This attribute enhances the overall safety and comfort of 

patient care and plays a crucial role in expediting the healing process. 

 

In essence, the development of these fiber-shaped, multifunctional blood gas 

monitoring sensors is a testament to the strides in medical technology. It underscores a 

commitment to improving patient outcomes by integrating innovative, less invasive, 

and more efficient healthcare solutions. As such, these devices stand at the forefront of 

a transformative movement in patient care, embodying the pinnacle of medical 

ingenuity and the promise of a healthier future. 

 

1.4 Outline of the Report 

The report is organized as follows: 

 

Chapter 1 introduces the background and challenges of the research. The research 

objectives are demonstrated as well. 

 

Chapter 2 gives a comprehensive review of fiber-shaped implantable blood monitoring 

devices. Firstly, the blood gas analysis is introduced, followed by the emerging 

implantable biosensors, which include the requirement for implantation and the sensing 

mechanisms. Finally, the fiber-shaped implantable biosensors are briefly introduced.  

 

Chapter 3 covers the materials, fabrication methods, instruments, and characterization 

techniques used in the research. 

 



20 

 

Chapter 4 and Chapter 5 presents the results and discussions of the research work, 

including the morphology and electrical properties of multi-channel fiber conductors 

and electrodes, electrical and mechanical performance of the fiber-shaped biosensor. 

 

Chapter 6 elucidates the conclusion of the work and the perspectives for future research 

and application of fiber-shaped sensors.  
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Chapter 2 Literature Review 

This part mainly focuses on the overview of blood gas analysis and the current status 

of research on implantable biosensors, especially fiber-based biosensors for blood 

monitoring. 

 

2.1 Blood Gas Analysis 

2.1.1 History of Blood Gas Analysis 

Hippocrates, the great founder of Western medicine, indicated that good health resided 

in a proper balance, including blood, which relies on generating life-giving heat within 

the left ventricl15. This hypothesis gives the foundation of blood analysis. Until 195616, 

after the wreak havoc of poliomyelitis, doctors in Copenhagen realized the importance 

of blood monitoring in the care of critically ill patients. Since the mid-1960s, most 

intensive care institutions have had locally placed equipment for fast blood gas analysis. 

Doctors usually extract blood samples from the indwelling arterial tube and bring them 

to the analysis laboratory, load the samples onto the device, and read out the results 

printed out from the analysis device17. This method is regarded as the most convenient 

and reliable analysis tool in intense care and surgeries, though the sample transport 

requires a hurry and cautious conduction. Therefore, blood gas analysis seems to be the 

most prevalent diagnostic tool in surgical care18. 

 

Doctors can obtain various information, including cardiac condition and acid-base 

status, from arterial, jugular, and mixed venous samples.9, 19. Understanding and using 

blood gas analysis enables medical personnel to explain respiratory, circulatory, and 

metabolic disorders. Arterial blood gas analysis is often prescribed by clinicians in 
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emergency medicine, intensive care, anesthesiology, and pulmonary medicine and may 

also be used in other clinical Settings20. 

 

 

Figure 2.1.1 The development of commercial blood gas analyzers (BGA). 

2.1.2 Commercial Equipment 

A blood gas analyzer (BGA) is a prevalent tool for doctors to analyze the whole-body 

status of patients. It is significant to obtain immediate laboratory results from BGA for 

doctors to take fast and accurate interventions for patients.21. The blood gas analyzer 

(BGA) measures not only blood gas but also electrolytes and metabolites such as 

glucose and lactic acid and adds total hemoglobin or hemocytometer, providing vital 

information for clinicians to diagnose various metabolic and respiratory diseases to 

speed up the diagnosis of emergencies and follow-up treatment22-26. The current 

commercial blood gas analysis equipment and its performance are listed in Table 1. 

Most of the bulk equipment is not used for real-time analysis, which prolongs the 

turnaround time and leads to fragmentation of analysis. As a result, patient samples are 

often measured using different analytical methods and different types of equipment, 
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and clinicians usually use reported results interchangeably without being aware of 

potential pitfalls. For example, the ABL Flex 90 is declared to produce a lower lactate 

concentration result than the actual value27. The relatively long turnaround time would 

also increase the inaccuracy of analysis. Premier™ 5000, a kind of new system28, tends 

to report wrong analysis results with the presence of blood clots. 

 

Table 2.1.0-1 Current commercial blood gas analysis equipment. 

 

Numerous studies consider the effect of the BGA in prehospital emergency medicine. 

For example, Prause29 et al. utilized AVL OPTI CC to study lactate analysis for acidosis 

detection. They concluded that lactate measuring is an effective indicator of acidosis, 

which provides valuable information. Schober30 utilized i-STAT in helicopter 

emergency medical service (HEMS) and proved that the i-STAT is feasible in the 

HEMS setting. An association between BGA abnormities at the start of CPR and worse 

clinical outcomes is proven to existence31. However, the portable i-STAT shows high 

and unpredictable gaps between end-tidal and arterial CO2 values among anesthetized 

Brands Real-time or 

not 

Reaction 

time 

Sensitivity 

(e.g., Na+) 

RAPIDLab
®

 1200 Siemens 
N 1 min 1 mmol 

Cobas b 123 Roche N 2 min 1 mmol 

i-STAT Abbott Y 2 min 1 mmol 

ABL800 FLEX Radiometer N 1 min 1 mmol 

XP300 Sysmex N 1 min 1 mmol 

GEM Premier 5000 Werfen N Several 

mins 

/ 

DC101 Wondfo Biotech N 1 min 1 mmol 
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and intubated people32. Even worse, the i-STAT only works among a few patients with 

chronic obstructive pulmonary disease who received a telemedical treat-and-release 

strategy with respiratory insufficiency33.To summarize, though providing great 

convenience, the commercial BCA still faces challenges, such as being easily affected 

by the method and time of sample collection and the testing temperature34. 

 

2.1.3 Analytes in Blood Gas Analysis  

BGA involves measuring and calculating the partial pressure of solutions, 

hematological parameters, and associated gases in electrolytes in a patient’s blood 

sample. BGA can measure different indicators, including information related to gas like 

partial pressure of oxygen and carbon dioxide, pH, metabolic, and electrolytes such as 

potassium and sodium13, 35, 36. BGA can not only analyze arterial blood but also venous 

and capillary blood. However, different parameters and reference ranges must be 

considered when using venous blood to treat BGA37. 

 

The values of the indicators are closely related. The human body's regulation of 

hydrogen ion concentration is affected by the respiratory system and the metabolic 

system38. For example, when the concentration of CO2 increases in blood by the 

respiratory system, the water in plasma (H2O) dissociates to H+ and hydroxide ions 

(OH−).  

 

An acceptable normal range of ABG values and electrolytes is the following39, 40. What 

is worth noting is that the range of normal values may vary among different age groups 

in different districts with various genes. 

 

Indicator Normal Range 

pH 7.35 - 7.45 
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PaO2 75 - 100 mm Hg 

PaCO2 35 - 45 mm Hg 

HCO3 22 - 26 mEq/L 

Base excess/deficit -4 to +2 

SaO2 95 - 100% 

Na+ 135 - 145mmol/L 

K+ 3.5 - 5.5mmol/L 

Glucose 4.4 - 6.1mmol/L 

Lactate 0.5 - 1.7 mmol/L 

Table 2.1.2 List of main indicators and their normal range in blood gas analysis39, 40. 

2.2 Implantable Biosensors 

2.2.1 Device Structure and Working Mechanism of 

Electrochemical Biosensors 

Sensors register a physical, chemical, or biological change and convert that into a 

measurable signal41. In biosensing, extracting information from biological systems by 

measuring electrical properties is predominantly electrochemical. Although biosensing 

devices incorporate various identifying elements, electrochemical detection techniques 

mainly rely on enzymes due to their specific binding capabilities and biocatalytic 

activities42-44. Other biometric elements include antibodies, nucleic acids, cells, and 

microorganisms. Immunosensors, for instance, use antibodies, antibody fragments, or 

antigens to detect binding events in bioelectrochemical reactions44, 45. 

 

In biological electrochemistry, the reactions under study typically result in a measurable 

current (amperometry), a measurable potential or charge accumulation (potentiometry), 

or a detectable change in the conductive properties of the medium between electrodes 

(conductance method). Additional electrochemical detection techniques include the 
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impedance method, which measures impedance (resistance and reactance)46, 47, and the 

field effect method, which employs transistor technology to measure the current 

generated by the gate potential effect. 

 

Since reactions are generally detectable only near the electrode surface, the electrode's 

characteristics are crucial to the performance of electrochemical biosensors. The 

electrode's material, surface finish, and size significantly influence its detection 

capabilities. Electrochemical tests often consist of a reference electrode, a counter 

electrode, and a working electrode. The reference electrode is working as a stable 

potential. The counter electrode provides a stable current when necessary. The working 

electrode detects the change of potential or current from the reaction area. These 

electrodes must be electrically conductive and stable. Depending on the analyte, 

common materials used for electrodes include platinum, gold, carbon (such as graphite), 

and silicon compounds48, 49. 

 

To understand how a biosensor works, one must consider the principles of 

electrochemical measurement. The biosensor detects changes in electrical properties, 

which are then translated into readable signals. Graphical representations often 

illustrate the relationship between the electrical signal and the concentration of the 

analyte, providing a visual understanding of the sensor's performance. 

 

The working principle of a biosensor involves several key steps (Figure 2.2.1): 

Biological sensing element: The biological recognition element (e.g., enzyme, antibody) 

interacts specifically with the target analyte. 

Transducer: This interaction causes a change in the electrical properties, such as current, 

potential, or impedance. 

Signal Processing: The transducer converts this change into an electrical signal. 

Output: The signal is processed and displayed, often as a graph or digital readout. 
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Figure 2.2.1  schematic of a biosensor with an electrochemical transducer50. 

 

2.2.2 Material Requirement of Implantable Biosensors 

The booming prosperity of biosensors comes from the glucose biosensor based on an 

oxygen electrode created by Leland Clark in 196251. This ingenious creativity was 

based on the Clark oxygen electrode developed in 1959. The enzyme-based oxygen 

electrode obtained high selectivity due to the highly distinctive binding with reaction 

substrates.  

 

Compared with other monitoring devices, biosensors have many advantages, like 

monitoring the metabolites and electrical signals and helping the body recover. 

Furthermore, some kinds of implantable devices are prone to deliver drugs inside the 

body52. Different from ex vivo biosensors, there are some requirements and challenges 

for implantable biosensors since live tissues and organs in vivo surround them. The 

most significant challenge is to increase the flexibility of devices until they are fit for 

the suppleness of the surrounding tissues or organs. The mechanical mismatch would 

not only easily damage the surrounding tissues and exert additional tension53, 54 but also 

cause friction inside the devices, thus decreasing device service life, stability, and 

functionality of devices55-57. Therefore, to suppress the mechanical damage caused by 

implantable devices, flexible matrices like polyimide, polyethylene terephthalate, and 

polyethylene naphthalateis58 are highly required to replace the rigid silicon59.  

 

The biocompatibility of materials is also of paramount significance, which includes two 

parts: the biological functionality (whether the device would perform well inside the 
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body or not60) and the biosafety (whether the device would cause additional tissue 

reaction, inflammation, cancer, cytotoxicity, necrosis or not61, 62).  

 

 

Figure 2.2.2 The stages of inflammation that occur after implantation of a medical device/biosensor. 62. 

 

The implantation of biosensors tends to induce a kind of tissue reaction called foreign 

body reaction (FBR)63, which results from the biological contamination around the 

biosensors. Proteins like albumin, fibrinogen, and complement related to acute 

inflammations are incredibly prone to attach to the surface of the biomaterials, causing 

biofouling64-67. During the inflammatory response, macrophages release many pro-

fibrotic factors that form a fibrous wall around the device. The fiber wall and 

macrophage combine to create a barrier around the device, resulting in impaired device 

function66, 68. The phenomenon of biofouling is affected by the type of implanted 

materials69. Natural materials are widely used for their inborn biocompatibility. Zhang 

et al. fabricated silk nanoribbon films with enriched silk II structure70 capable of self-

powered implantable biosensor SNR films. MTT assay was performed to evaluate the 

cell toxicity of SNR films. The cells exhibited evenly adhesive growth, with typical 

filamentous and stretched morphology, indicating the sound biocompatibility of SNR 
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film. Furthermore, the in vivo monitoring potential was verified by testing the sensing 

performance of SNR film inside adult Sprague-Dawley rats. Fibrin and collagen71 are 

also promising natural materials in implantable biosensors with great potential.  

 

 

Figure 2.2.3 Photographs of (A-E) fabrication process and morphology of SNR70. (F) Representative 

SEM image of SCs cultured on T-SNR films for 3 d. 

 

Polymer-based materials are also prevalent in implantable devices. Generally, polymers 

are divided into biodegradable materials like poly(lactic acid) (PLA), poly(glycolic acid) 

(PGA), poly(lactic-co-glycolic acid) (PLGA), and poly(caprolactone) (PCL) and non-

biodegradable materials such as poly(siloxanes), poly (ethylene vinyl acetate) (PEVA), 

and polyurethanes (PU).  

 

Biodegradable polymers can be broken down into natural components such as water 

and carbon dioxide in the body, thereby reducing pollution and waste generation72, 

causing a massive trend in the healthcare sector. Moreover, the natural breakdown 

ability allows biodegradable polymers to be turned into drug delivery and in-vivo 

testing devices without requiring additional steps to remove them from the body73.  
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Figure 2.2.4 Structure of (A) PLA; (B) PGA; (C) PLGA; (D) PCL. 

 

PLA is a kind of widely used polymer that can be produced by plants and animals73, 

including several branches like pure poly(-L-lactic acid) (PLLA), pure poly(-D-lactic 

acid) (PDLA), and poly(-D, L-lactic acid) (PDLLA)74. A low-cost, miniaturized 

implantable electrochemical pH sensor for hypoxia monitoring was developed based 

on PLA in 202175.  

 

PGA can promote tissue rejuvenation and cell proliferation, and PGA-based 

implantable sensors can monitor physiological signals and promote the growth of 

surrounding tissues and new tissue assimilation. In addition, because PGA76 

nanoparticles can provide controlled drug release, they have a wide range of 

applications in the field of drug delivery. Fu et al.77 lessened the bending stiffness of 

PGA and PLA via the cold plasma surface modification method for the acupoint catgut-

embedding therapy applications. 

 

With a low melting point78 and a long degradation cycle79, PCL is a polymer with a 

semi-crystalline structure80, and its structural repeat unit has five non-polar methylene 

groups, so it can not only be completely degraded, but the degradation cycle can vary 

from several months to several years depending on the molecular weight of the polymer. 

PCL is rich in ether bonds and carbonyl groups, which can be combined with multi-

functional isocyanates and chain extenders to produce high-performance polyurethanes 
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with excellent adhesion to various substrates81. In addition, PCL can tolerate a variety 

of processing methods, such as 3D printing82, hot extrusion83, etc. Modification of PCL 

can also enhance the mechanical properties of the material. Huang’s group developed 

PCL-based, implantable electrochemical biosensors with flexibility and transparency 

for dopamine monitoring in 201884. 

 

 

Figure 2.2.5 (A) A scheme of PLA-based pH sensor for hypoxia monitoring75; (B) The synthesis 

process and working mechanism of PLA-PGA sensor via cold plasma surface modification76. (C) The 

PCL-based, transparent, flexible dopamine biosensor84. 

 

Non-biodegradable synthetic polymers often have a longer working life than 

biodegradable materials, making them suitable substrates for medical devices that can 

be implanted or monitored over a long period. These polymers tend to have more potent 

mechanical properties and higher chemical inertness. They can also function in standard 

form under relatively more demanding conditions85. Polyethylene and polyurethane, 

for example, are often used to produce joint replacements, which need high mechanical 

properties while maintaining flexibility86. 
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Figure 2.2.6 Structure of (A) Polydimethylsiloxane; (B) Phenyl polysiloxane; (C) Vinyl polysiloxane; 

(D) Fluoropolysiloxane. 

 

Polysiloxanes are a class of organic compounds composed of silicon and oxygen atoms 

and various side chains. The side chains include fatty groups such as methyl and 

aromatic groups and functional groups such as vinyl groups. Different side chains 

determine the multiple properties of polysiloxanes. For example, polydimethylsiloxane 

(PDMS) with methyl groups as side chains is the most common polysiloxane type, with 

excellent chemical stability, electrical insulation, thermal stability, low toxicity, and 

biocompatibility. It is a transparent, soft material widely used in medical devices, 

cosmetics, lubricants, and waterproof coatings. A polydimethylsiloxane (PDMS)-based, 

fully implantable, batteryless soft platform for wireless monitoring of restenosis in real 

time was produced by printing in 202287.  
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Figure 2.2.7 (A) An implanted wireless sensor for restenosis detection. (B) A stented artery during 

restenosis progression and the resulting change of arterial wall strain84, 87. 

 

Compared to PDMS, phenylpolysiloxanes88 with phenyl as a side chain group have a 

stronger ability to remain soft at low temperatures and better resist ultraviolet light and 

ozone. This material is commonly used in applications requiring low-temperature 

resistance and anti-aging properties, and it is also proper for implantable devices such 

as injectable lenses89. Vinyl polysiloxanes have good crosslinking ability and can be 

cross-linked by heating or using catalysts to form a network structure with higher 

mechanical strength and chemical stability90. Fluoropolysiloxane has excellent 

chemical resistance91, oil resistance, and high-temperature resistance. These materials 

are commonly used in environments that require resistance to strong acids and alkalis, 

ensuring high stability in volatile bioenvironments92.  

 

 

Figure 2.2.8 Structure of (A) PEVA; (B) PU. 
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Polyvinyl acetate (PEVA) is a copolymer of ethylene and vinyl acetate monomer 

approved by the FDA, which is widely used in the medical field93, 94. The composition 

of vinyl acetate (VA) affects the melting point and crystallinity of PEVA. By adjusting 

the composition of VA, PEVA can be prepared to meet the needs of various medical 

devices such as biological embedding. PEVA is also widely used in blood vessel 

applications because of its excellent mechanical properties, stability, and ability to resist 

thrombosis95. 

 

Polyurethane (PU) has excellent biocompatibility and is often used in artificial organs96, 

medical devices97, orthopedic implants98, and drug delivery systems99. In addition, 

improved PU can be used to prepare cardiovascular grafts using new tissue engineering 

techniques100. The mixture of polyurethane and hydroxyapatite can provide good 

adhesion, improve swelling and cell viability, and effectively induce bone formation in 

stent implantation101. Moussy et al.102 developed a long-term flexible implantable 

glucose biosensor based on an epoxy-enhanced polyurethane membrane. In this project, 

the researchers demonstrated that the biosensor implanted in rants could perform well 

after 56 days of implantation and accurately track the variation of glucose concentration. 

 

 

Figure 2.2.9 The comparison between the PU-based glucose sensor and commercial device102. 
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Other polymers, such as polyimide, are also used in implantable biosensors. John. A. 

Rogers’ group12 developed a wireless, miniaturized blood flow sensing system that 

exploits a sub-millimeter scale based on polyimide substrate with high biocompatibility 

and stable functionality.  

 

 

Figure 2.2.10 (A) Schematic illustration of the microvascular flow measurement system. (B) Sensing 

components in a flow probe12. 

 

2.2.3 Conductive Materials 

As one of the most essential components of biosensors, conductive materials can be 

used as interfaces and signal transmission in electrochemical sensing. The conductivity 

and stability of the conductive material directly affect the signal-to-noise ratio, 

sensitivity, service life, and service conditions of the sensor. When selecting conductive 

materials, it is often necessary to consider whether the conductive material is in direct 

contact with the object to be measured. Suppose the conductive part is exposed to the 

surrounding environment; the conductive material needs to resist the corrosion from 

chemicals and biofouling from proteins in the biological environment while 

maintaining good electrical conductivity and having high biocompatibility. For 

implantable flexible sensors, the conductive material must also have mechanical 

properties that match the rest of the device. Otherwise, mechanical mismatches make it 

easy to disintegrate or malfunction the device. In addition, due to the frequent need to 
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undergo scratching and deformation, conductive materials must also have a tight 

connection with the substrate to maintain stable electrical properties. This section will 

introduce the applications of metals, carbon materials, and composites in implantable 

biosensors according to the types of conductive materials. 

 

2.2.2.1 Metals 

Metals, with their distinctive properties, play a pivotal role in the development and 

functionality of implantable biosensors. These properties include excellent electrical 

conductivity, biocompatibility, mechanical strength, and corrosion resistance, making 

metals an ideal choice for such advanced medical devices. The inherent characteristics 

of metals allow them to facilitate accurate and reliable monitoring of physiological 

parameters, which is crucial for patient health management. 

 

Electrode k0/10−3 cm s−1 AEA/cm2 p 

Au planar electrode 1.1 ± 0.1 0.08 ± 0.01 60.36 ± 0.31 

Au planar electrode/h-PG 3.0 ± 0.8 1.12 ± 0.02 56.0 ± 0.8 

Au planar electrode/Au-MWCNTs 2.7 ± 0.9 1.24 ± 0.02 39.5 ± 0.6 

Au microneedles 5.8 ± 0.2 2.02 ± 0.18 10.1 ± 0.6 

Au microneedles/h-PG 56.2 ± 0.5 2.02 ± 0.18 1032.1 ± 2.3 

Au microneedles/Au-MWCNTs 16.3 ± 0.4 60.36 ± 0.31 301.6 ± 1.6 

Table 2.2.1 Heterogeneous electron transfer rate constant (k0), real electroactive area (AEA), and 

roughness factor (ρ) of the gold planar electrode and the gold microneedles-based electrode before and 

after the electrodeposition of h-PG and Au-MWCNTs103. 

 

Metals are primarily suitable for implantable biosensors because of their exceptional 

electrical conductivity. This property is vital for efficiently transmitting electrical 

signals generated in response to biological interactions within the body. For instance, 
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metals like gold (Au) and platinum (Pt) are widely used in electrodes and electrical 

contacts within biosensors due to their high conductivity and stability in biological 

environments103-105. These metals ensure that the biosensors can detect minute changes 

in the physiological condition, enabling early diagnosis and monitoring of health 

conditions. Gold nanoparticles are known to be easily tailored with different 

characteristics according to the needs. Most chemical recognition elements, such as 

DNA adaptors and protein receptors, have been linked to gold nanoparticles to enable 

the selectivity of biosensors106, 107. Antiocha et al.108 proposed the first high-porous 

gold-based microneedle capable of minimally invasive glucose monitoring in artificial 

interstitial fluid (ISF). This method involves the electrodeposition of gold onto the 

microneedle arrays, which exhibits expanded linear range (0.1 – 10 mM), high 

sensitivity (50.86 μA·cm-2·mM-1), stability (20% of signal loss after 30 days), 

selectivity and short reaction time within 3s. 

 

 

Figure 2.2.11 Schematic representation of Au microneedles-based glucose biosensor109. 

 

Moreover, biocompatibility is another critical factor that underscores the suitability of 

metals for implantable applications. Metals such as titanium (Ti) and its alloys are 

known for their excellent compatibility with human tissue, minimizing the risk of 

adverse reactions, such as inflammation or rejection110. This property ensures that the 
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implantable biosensors can remain within the body for extended periods without 

causing harm or discomfort to the patient. In addition, titanium and titanium alloys have 

excellent mechanical strength, which makes them widely used in biological implants to 

avoid stress shielding and the associated bone resorption111. In particular, the 

electrochemical oxidation product of titanium, the thin passivated oxide layer, has high 

corrosion resistance, ensuring titanium’s long-term stability and safety of titanium in 

the body112. An implantable antenna utilizing titanium nitrate (TiN) was fabricated for 

subcutaneous implantation, capable of monitoring blood glucose, alcohol content, 

various vitamins, and L-lactate113. Silver is also compatible with implantable biosensors 

for the inherent broad antimicrobial spectrum114. Specifically, silver nanoparticles 

(SNPs) are reported to have anti-virus, anti-inflammation, and anti-biofilm activities 

and enhance wound healing115. In 2019, silver nanoparticles were printed onto the PI to 

fabricate wireless, stretchable, implantable biosensors for cerebral aneurysm 

hemodynamics monitoring116. 

 

 

Figure 2.2.12 (A) Scheme of the implantable antenna utilizing Titanium Nitrate113. (B) Measured link 

budget analysis of implanted antenna in vivo. (C) Scheme of Ag deposition. (D) SEM images of 

AgNPs116. 
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In addition to electrical conductivity and biocompatibility, metals exhibit superior 

mechanical strength and corrosion resistance. These characteristics are essential for the 

durability and longevity of implantable biosensors, as they must withstand 

physiological stresses and corrosive environments within the human body. Metals like 

stainless steel and titanium alloys are particularly valued for their strength and 

resistance to corrosion, making them suitable for long-term implantation117. 

 

Despite the numerous advantages that metals offer in the context of implantable 

biosensors, there are also some limitations and challenges associated with their use. 

One significant concern is the potential for metal ion release118, which can occur due to 

corrosion or wear over time. The release of metal ions into the body can lead to 

cytotoxicity, allergic reactions, or even chronic inflammation, posing risks to patient 

health. For instance, nickel and chromium, found in certain stainless steel alloys, are 

known to elicit allergic responses in some individuals. This necessitates careful 

selection and processing of metal materials to minimize ion release and ensure long-

term biocompatibility119. Another limitation is the stiffness of metals, which can be 

significantly higher than surrounding biological tissues. This mismatch in mechanical 

properties can lead to stress shielding, where the metal implant bears most mechanical 

loads, potentially leading to bone resorption or soft tissue damage around the implant 

site. This issue highlights the need for ongoing research into metal alloys with 

mechanical properties more closely matched to those of human tissues120. 

 

Apart from traditional elemental metals with high electrical conductivity but worrying 

stiffness, the rising star–liquid metals are calling growing attention from researchers in 

implantable biosensors, especially those requiring softness. The mainstream of liquid 

metals used in implantable biosensors is gallium (Ga), indium (In), tin (Sn), and their 

alloys120. The melting point of eutectic gallium indium alloy (EGaIn) is 15.4 oC121, 

ensuring their fluidity in ambient temperature. Besides, Young’s modulus of liquid 

metal is as low as 1-10 Pa, 107 times less than steel122. Besides, liquid metals such as 
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Ga-based and Bi-based are proven to have sound biocompatibility123. Therefore, the 

near-infinitely stretchable, conductive, safe liquid metals are widely used in tremendous 

biological applications like reconnection agents in nerve injury124 and reversible 

molding bone cement125.  

 

 

Figure 2.2.13 (A) The comparison of Young’s modulus between liquid metals and other materials. (B) 

The relationship between conductivity at maximum strain and strain. (C) The liquid metal is proven to 

stretch to 600% strain126. 

 

Specifically, the application of implantable biosensors is also booming. A kind of 

stretchable liquid metal microelectrodes (μLME) capable of in vivo monitoring of 

chronic diseases was fabricated in 2023127. The microelectrodes with extremely high 

stretchability can withstand 300% tension with negligible electrical conductivity loss. 

The electrical performance remains normal even after 500 times stretching. 

Furthermore, the authors demonstrated the successful application of implantable 

monitoring. 
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Figure 2.2.14 (A) Scheme and fabrication method of μLME. (B) Resistance of μLMEs of various 

linewidths at different tensile strains. (C) Spatiotemporal properties for the μLME array127. 

 

2.2.2.2 Carbon-based Nanomaterials 

Carbon-based nanomaterials have a large surface-to-volume ratio, which enriches the 

exposure of most of the atoms128. This unique characteristic makes carbon-based 

materials capable of being easily modified and connected to various kinds of sensing 

elements. Besides, their unprecedented high conductivity enables them to be integrated 

into implantable biosensors with high sensitivity and selectivity. The vast family of 

carbon-based nanomaterials, including carbon nanotubes (CNTs), graphene, carbon 

dots (CDs), carbon nanofibers (CNFs), is widely used in medical-related realms like 

biosensors129, nanoelectronics130, tissue engineering131, and drug delivery132. Here, we 

will mainly discuss the applications of graphene and CNTs in implantable biosensors. 

 

Graphene is the parent of all types of graphite structures; it can be wrapped into 0D 

fullerenes, rolled into 1D nanotubes, and stacked into 3D graphite133. 
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Figure 2.2.15 Structures of fullerene, CNTs, and graphene134. 

 

With high thermal conductivity135, outstanding mechanical flexibility136, high 

strength137, and superior electrical conductivity138, graphene is widely used in 

implantable biosensors. Graphene can be successfully integrated into cambered devices 

from the extremely thin layer. For example, Onoe et al.139 fabricated an implantable 

tube-shaped blood pressure sensor by combining graphene and a transmitter coil with 

a polydimethylsiloxane tube. They could effectively monitor femoral arterial blood 

pressure by implanting a sensor attached to a catheter into the artery to monitor changes 

in the sensor impedance over time. 
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Figure 2.2.16 (A) Scheme of the wireless blood pressure sensor139. (B) The relationship between 

impedance change and blood pressure. (C) The change of impedance gained with time varied. 

 

We can get carbon nanotubes (CNTs) by rolling graphene sheets into cylindrical tubes. 

CNTs include single-walled CNTs (SWCNTs) and multi-walled CNTs (MWCNTs). 

Both SWCNTs and MWCNTs can reach the size of a micrometric scale140. With a 

highly specific surface area141 up to 850 m2·g-1, the CNTs have been widely used in 

biomedical areas. The tractable property of CNTs enables them to be easily modified 

with various functional groups like hydroxyl and carboxyl groups to satisfy different 

special needs142. Furthermore, the CNTs are proven to have sound chemical stability143, 

which paves the way for long-term monitoring of implantable biosensors. 
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Figure 2.2.17 Diagram of (A) single-walled CNTs (SWCNTs); (B) multi-walled CNTs (MWCNTs); 

CNT configurations of (C) zigzag; (D) armchair; (E) chiral140. 

 

Benefiting from the merits mentioned above, CNTs are widely used in implantable 

biosensors. For example, Peng’s group144 utilized functionalized CNTs to realize the 

long-term monitoring of multiple indicators in vivo. They obtained the multiple 

functionalities by rotating different modified CNTs together into a bunch. The 

researchers also demonstrated the potential of real-time monitoring in vivo by injecting 

the single fiber into the rats and monitoring the dynamic change of glucose 

concentration. 
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Figure 2.2.18 (A) The CNTs-based implantable biosensors (SSFs) with multiple monitoring 

functionalities. (B) The in vivo glucose sensing performance of the SSFs implanted in rats144. 

 

2.3 Fiber-Shaped Biosensors 

2.3.1 Working Mechanism of Biosensors 

The electrochemical biosensor comprises three essential counterparts: biological 

interface, converter, and signal transducer14. The biological interface, also called 

“biomolecular/bioagent,” has high selectivity and reacts to indicators directly. The 

converter, sometimes integrated into the biological interface, transports the chemical 

reaction signals into electrical signals. Some standard chemical reaction signals include 

electron transfer145, diffusion potential146, and heat147. The reaction substrates vary with 

indicators such as DNA adapters148, ions, molecules, or proteins.149 The signal 

transducer works as a vehicle to transport the electrical signals to the eternal device for 

further collection and processing. The relationship between the measured electrical 

signal and the analyte concentration is proportional, including methods like 

amperometric and potentiometric. 
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Figure 2.3.1 (A) Schematic representation of an electrochemical biosensor. (B) Component of 

biosensors150. 

 

2.3.2 Planar and Fiber-shaped Biosensors 

Implantable electrochemical sensors have emerged as powerful tools for continuously 

monitoring various biomarkers in vivo, providing critical information for disease 

diagnosis and management. Traditional planar implantable sensors, typically 

constructed on flat substrates, have been extensively used for easy fabrication and 

straightforward design. These sensors often consist of a working electrode, a reference 

electrode, and a counter electrode, all necessary for the electrochemical reactions. They 

are designed to be minimally invasive and can be implanted under the skin or within 

tissue to detect analytes such as glucose, lactate, or oxygen. 

 

However, despite their utility, planar sensors have limitations, particularly regarding 

their form factor and the extent of tissue integration. The relatively flat structure of 

these sensors can cause significant discomfort to patients and may lead to inflammatory 
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responses151. Moreover, the size of the implantation wound is directly related to the 

sensor's dimensions, which can be a concern for long-term implantation. 

 

In contrast, fiber-shaped electrochemical biosensors offer a novel approach that 

addresses many of the shortcomings associated with planar sensors. These sensors are 

constructed using conductive fibers that can be woven152 or knitted153 into flexible and 

porous structures, allowing them to conform to the body's contours and move with the 

tissue, thereby reducing mechanical stress and the risk of inflammation. The fibrous 

nature of these sensors also enables a smaller insertion profile, leading to more minor 

wounds and potentially faster healing by minimizing the area of inflammation and 

tissue reaction. 

 

One of the most significant advantages of fiber-shaped biosensors is their ability to 

penetrate deeper into tissues, providing access to a broader range of physiological 

environments and the ability to monitor analytes at different tissue depths. This is 

particularly beneficial for applications that require monitoring of analytes in organs or 

areas not easily accessible by planar sensors. Peng’s group154 fabricated a carbon-based 

OECT biosensor capable of deep brain implantation for 7 days free from related 

traumas or tissue reactions. 
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Figure 2.3.2 (A) The schematic view of the OECT biosensor. (B) Fluorescence images of coronal 

brain slices with implanted fiber-shaped OECTs for 7 d and the control group without implants154. 

 

Furthermore, fibers' high surface area-to-volume ratio enhances the sensitivity and 

response time. The increased surface area allows for a higher density of immobilized 

enzymes or recognition elements, which can lead to improved detection limits and 

faster signal transduction155. This is crucial for the timely detection of rapid changes in 

biomarker levels, which can indicate acute physiological events. 

 

Mechanically, fiber-shaped biosensors exhibit superior properties due to their 

flexibility and resilience. They can withstand repeated bending and torsion without 

losing functionality, essential for biosensors intended to remain implanted for extended 

periods. This mechanical robustness also means fiber-shaped biosensors are less likely 

to break or malfunction due to physical stress, ensuring more reliable performance over 

time. An enzyme-free, implantable, bioactive-based fiber biosensor (MWP) was 

fabricated by Lin’s group156. This PDMS-based fiber sensor exhibited high flexibility. 

The FEA results demonstrate that the strain is consistently smaller than the failure strain 

(~ 0.03%) even when the device was stretched to 12 mm. 
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Figure 2.3.3 (A) The experimental photos and (B) FEA results of MWP at the distance of 0 mm, 6 

mm, and 12 mm stretch156. 

 

In summary, while planar implantable electrochemical sensors have played a pivotal 

role in in vivo monitoring, fiber-shaped biosensors represent a significant advancement. 

Their flexible and minimally invasive nature, combined with the ability to provide 

deeper tissue integration and enhanced mechanical properties, positions them as a 

superior alternative for long-term, continuous monitoring of physiological parameters. 

As research in this area continues to evolve, fiber-shaped electrochemical biosensors 

are expected to become increasingly prevalent in clinical and personal health 

monitoring applications. 

 

2.3.3 Fabrication Methods of Fiber-shaped Biosensors 

The fabrication method is vital in determining the mechanical properties, sensing 

performance, and stability of fiber-shaped biosensors. Here, we introduce four main 

fabrication methods: wet-spinning, electrospinning, hot extrusion, and hot pressing. 
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Figure 2.3.4 Schematic illustration of wet-spinning process157. 

 

Wet spinning: Wet spinning is a process in which a solution is extruded through a 

spinneret and then formed into a fiber in a coagulation bath157. This method is suitable 

for a variety of natural and synthetic polymers. During this process, fibers of uniform 

diameter can be prepared, ideal for producing large quantities of fibers. Wet spinning 

also allows functional materials, such as catalysts or biometric molecules, to be added 

during the fiber formation process. However, the process is relatively complex and 

requires specific solvents and coagulation baths, which impact the environment and the 

operator. The mechanical properties of fibers may be limited. A helical TPU-based 

strain sensor with high flexibility was fabricated in 2024 via a wet-spinning process158. 

Because of the internal water content, spun fibers have poor electrical conductivity. 
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Figure 2.3.5 (A) The fabrication process and morphology of the TPU strain fiber sensor. (B) The effect 

of heat treatment on the structure of the TPU fiber. (C) The electrical conductivity under heat treatment 

for 30 minutes under different temperatures157. 

 

Electrospinning: Electrospinning is a technology that uses high voltage to spray a 

polymer solution or melt into a fine filament. By controlling the electric field, solution 

concentration, and other parameters, microfibers with diameters ranging from 

nanometers to micrometers can be prepared159. This method can prepare fibers with a 

very high specific surface area, which is ideal for use as biosensor substrates. 

Electrospun fibers can provide more active sites and enhance the sensor's sensitivity 

and response speed. However, the viscosity and conductivity of the solution must be 

higher, and the operation complexity is more significant. In addition, the use of high 

voltages also requires special safety measures. Zhang’s group160 fabricated silk 

nanofibrous fiber sensors for accurate blood pressure monitoring with long-term 

stability. 

 

Hot extrusion: Hot extrusion is the process of heating the polymer above its melting 

point and then extruding it through the die of the extruder to form a fiber161. This simple, 

physical fabrication process enables continuous production and large-scale 

manufacturing. The diameter and shape of the fibers can be controlled by adjusting the 
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extrusion parameters. Besides, the mechanical property fabricated via hot extrusion is 

also better than the methods as mentioned above since this fabrication process does not 

significantly change the phase of materials. However, this hot method is not suitable 

for heat-sensitive materials, as high temperatures may damage the structure of bioactive 

molecules or other functional materials. 

 

Hot pressing: Hot pressing is a method of heating and applying pressure to a material 

to form the desired shape. It is often used to prepare flat or thin film materials and also 

used to prepare fiber structures162. Hot pressing is more straightforward and suitable for 

rapid prototyping and small batch production, with relatively low equipment 

requirements compared to the other three methods. However, for fiber products, the 

ability to control the size and shape of the fiber is limited, thus not being as flexible as 

other methods. 
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Chapter 3 Methodology 

In this section, the general methodology for the study is discussed. The project involves 

the fabrication of multi-channel liquid metal fibers by hot extrusion using a filament 

extruder, followed by injection and further coating. Methods for surface modification 

of substrates and fabrication of fibers will be elaborated. Notably, a single fiber with 

multiple separate conductive channels enabling mass production is developed to 

improve the functionality of the fiber-shaped biosensor. Finally, the instruments for 

mechanical and electrical characterization and relative biology experiments will be 

introduced. 

 

3.1 Materials 

All chemicals used in the experiment were used upon receipt without further 

purification unless specified. The major chemicals used in the experiment are listed as 

followed: styrene ethylene butylene styrene (SEBS, G1657, KRATON), thermoplastic 

polyurethane (TPU, 1185A, 1175A, BASF), carboxylated multiwalled carbon 

nanotubes (CNTs, Nanjing Xianfeng), polylactic acid (PLA, Solvay), 

polytetrafluoroethylene (PTFE, Xinwang plastic), Perfluoropolyethers (PFPE, Crytox), 

Eutectic Gallium Indium alloy (EGaIn, Dingguan), Chloroform (Sigma-Aldrich), 

Tetrahydrofuran (THF, Sigma-Aldrich), methanol (Sigma-Aldrich), potassium tetrakis 

(4-chlorophenyl) borate (KTFPB, Supelco), sodium tetraphenylborate (NaTPB, 

Supelco), 4-tert-butylcalix arene (sodium ionophore X, Sigma-Aldrich), valinomycin 

(potassium ionophore I, Sigma-Aldrich), polyvincyl chloride (PVC, Sigma-Aldrich), 

Polyvinyl butyral (PVB, Sigma-Aldrich), dioctyl sebacate (DOS, Sigma-Aldrich), 

sodium chloride (NaCl, Sigma-Aldrich), calcium chloride (CaCl2, Sigma-Aldrich), 

potassium chloride (KCl, Sigma-Aldrich). Iron(III) chloride (FeCl3 Sigma-Aldrich), 

potassium ferricyanide (K3[Fe(CN)6], Sigma-Aldrich), hydrogen chloride (HCl, 
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Sigma-Aldrich), nickel(II) nitrate (Ni(NO3)2, Sigma-Aldrich), silver nitrate (AgNO3, 

Sigma-Aldrich), potassium nitrate (KNO3, Sigma-Aldrich),  Serazine hydrochloride 

injection, Sutai 50, Benzoxazole hydrochloride injection, lodine volt disinfectant, 75% 

Alcohol disinfectant, Absolute ethanol, 95% Ethanol, Xylene.Hematoxylin dye, Eosin 

dye solution. 

 

3.2 Fabrication 

3.2.1 Fabrication of Multi-Channel Conductive Fiber 

 

Figure 3.2.1 Optical images of Noztek XCalibur Filament Extruder. 

 

The three-channel flexible fiber supports the electrodes and creates channels for liquid 

metal transmission. The material of the fiber is thermoplastic polyurethane 1185A, and 

the fibers are fabricated by using the filament extruder. The hot extrusion temperature 

gradient of the three chambers is set as 210oC, 200oC, and 195oC, respectively. The fan 

speed is 25%, and the motor speed is 4 rpm. After adding the plastic particles TPU, the 

particles are heated and held in the cavity for five minutes to ensure the continuity of 

the extrusion material, and then the rotating motor is turned on. The nozzles are 

customized by vendors to obtain hollow fibers. 
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Figure 3.2.2 The schematic illustration of the hot extrusion process. 

 

The hollow TPU fiber is protruded with scissors to create three VIAs to connect each 

channel, followed by injecting eutectic gallium-indium alloy (EGaIn) into the channels. 

For every channel 10cm long and 0.05cm in diameter, 0.12g EGaIn is injected into the 

channel using a 1 mL syringe after pre-stretching the as-made fibers. The consistency 

of instill is eligible to be verified by the naked eye and an Avometer. The EGaIn-filled 

conductive fiber fabricated is denoted as EFiber. 

 

3.2.2 Fabrication of Three-Electrode Fiber 

To prevent the leakage of EGaIn, 1 mL of glutinous PTFE/PFPE/CNTs interlayer is 

dip-coated onto the VIA. The three materials are added together via different weight 

ratios as follows. The cocktail is treated with ultrasonic for five minutes to diffuse the 

PTFE powder and CNTs into the PFPE oil, followed by stirring with a magnetic rotor 

for thirty minutes at 200 rpm until a glutinous cocktail is obtained. 

 

 Weight (g) 

PFPE 2 2 3 5 

PTFE 1 0.5 0.25 0.5 

CNTs 0.10 0.15 0.15 0.35 

Tabe 3.2.1 The weight value of different components for the interlayer. 
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The ion-to-electron transducer layer composed of PLA and CNTs is dip-coated onto 

the interlayer. The weight ratio of PLA and CNTs is presented as follows. The mixture 

is dissolved in chloroform/THF=3:1 solvent, wherein the THF works as a cosolvent for 

PLA. The solution was treated with ultrasonic for fifteen minutes to distribute CNTs 

evenly. To prevent the aggravation of CNTs, the solution is kept stirring at 250 rpm. 

For each VIA, 1 mL of the PLA/CNTs transducer solution is dip-coated onto the 

interlayer. 

 

Group 1 2 3 4 5 

PLA/CNTs w/w 2:1 4:1 6:1 8:1 10:1 

Table 3.2.2 The weight value of PLA and CNTs for transducer solution. 

 

After waiting 10 minutes for the transducer solution to dry, another two times of 

transducer dip coating are repeated to gain better electrical conductivity, followed by 

drying at room condition for three hours. Then, the transducer-interlayer-EGaIn fiber 

is successfully fabricated and denoted as TIEFiber. 

 

3.2.3 Fabrication of Sensing Electrodes 

The sodium ion, potassium ion, and glucose sensing working electrodes are fabricated 

in this project. The reference electrode was also made using the fiber for demonstration. 

 

Sodium ion sensing working electrode: A Na+-selective membrane was prepared by 

mixing 0.2% KTFPB, 0.7% 4-tert-butylcalix arene, 33% PVC, 66.1% DOS. Then, 1 g 

of this Na+-selective membrane cocktail is dissolved in 3.3 mL THF. 20 μL of the 

cocktail is dipped on the transducer and left for drying in ambient conditions for two 

hours. The cocktail is sealed and stored at 4 oC for further use. 
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Potassium ion sensing working electrode: A K+-selective membrane was prepared by 

mixing 2% valinomycin, 0.2% NaTPB, 32.7% PVC, and 64.7% DOS. Then, 100mg of 

this K+-selective membrane was prepared by mixing it with 350 μL of cyclohexane. 20 

μL of the cocktail is dipped on the transducer and left for drying in ambient conditions 

for two hours. The cocktail is sealed and stored at 4 oC for further use. 

 

Glucose sensing working electrode: The glucose sensor is an enzyme-based electrode. 

1wt% agarose and 1wt% chitosan are dissolved in 2% acrylic acid to form Aga/Chi 

emulsion. 1 mg glucose oxidase is dissolved in 100 μL 1X PBS (pH 7.2). The glucose 

oxidase solution is mixed with the Aga/Chi emulsion in a 1:2 (v:v) fraction to form the 

glucose oxidase cocktail. First, the encapsulated fiber is electrodeposited with Prussian 

Blue by immersing in a 2.5×10-3 M FeCl3, 2.5×10-3 M K3[Fe(CN)6], 0.1 M KCl, 0.1M 

HCl solution with cyclic voltammetry method by sweeping from 0 to 0.5V for three 

times at a scanning speed of 0.02 V/s with a commercial Ag/AgCl reference electrode 

and Pt counter electrode. After drying, The NiHCF stabilization layer is 

electrodeposited with cyclic voltammetry method by immersing the PB/CNT fiber into 

an aqueous solution of 1×10-3 M Ni(NO3)2, 0.5×10-3 M K3[Fe(CN)6], 1 M KCl by 

sweeping from 0 to 0.8V at 0.1V/s at three times with a commercial Ag/AgCl reference 

electrode and Pt counter electrode. The as-made fiber is called Ni/PB/CNTs fiber. After 

drying up, 20 μL of the glucose oxidase cocktail is dipped onto the fiber to form the 

glucose sensing working electrode and dried at 4oC. Before testing, the glucose sensing 

working electrode should be taken out into ambient condition 5 minutes ahead of time 

to melt the liquid metal. 

 

Reference electrode: The fiber is firstly electrodeposited via cyclic voltammetry 

method with silver by immersing the encapsulated fiber into an aqueous solution of 5 

mM AgNO3 and 1M KNO3 by sweeping from -0.9V to 0.9V at 0.1V/s for 14 cycles 

with two electrode system, where the fiber is the working electrode and the commercial 

silver electrode is both the counter electrode and the reference electrode. Then AgCl is 



58 

 

electrodeposited onto the Ag/CNTs fiber via cyclic voltammetry method by immersed 

into an aqueous solution of 0.1 M KCl and 0.01 M HCl by sweeping from -0.15 to 1.05 

V at 0.05 V/s for two cycles with the commercial Ag/AgCl as both the reference and 

the counter electrode. To minimize the potential drift, 30 μL of a mixture composed of 

79.1 mg polyvinyl butyral (PVB), 50 mg NaCl, and 0.2 mg CNTs dissolved in 1 mL 

methanol is dipped onto the reference electrode and left dry in ambient condition. 

 

 

Figure 3.2.3 Schematic and composition of TIEFS. Insert at the right is a cross-sectional schematic 

view of TIEFS. 

 

3.3 Characterization 

The microstructures of the fibers were taken by Scanning Electron Microscope (MIRA, 

TESCAN Ltd., Czech Republic). The water contact angle was tested on the contact 

angle meter (SDC-350, Dongguan Shengding Precision Instrument Co., Ltd., China). 

The tensile and Young’s modulus were tested on the Instron 5566 Universal Testing 

Machine (Instron, USA). The electrochemical properties were tested on the CHI 660 

Electrochemistry Station (CH Instruments, Inc., USA). The animal test was conducted 

on an automatic tissue dehydrator, rotary slicing machine, automatic dyeing sealing 

machine, and forward fluorescence microscope.  
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Chapter 4 Fabrication and 

Characterization of EGaIn-Filled Fiber 

(EFiber) 

 

4.1 Morphology of Hollow Fiber 

Benefiting from the thermoplastic property of TPU, different diameters varying from 

150 μm to 4 mm of flexible hollow fibers are fabricated by tuning the pulling-out speed 

during extrusion. The additional heating process before starting the extruder rotor 

ensures the consistent and even extrusion of the fibers. Figure 4.1.1 A shows the 

variable diameters of hollow fibers with three channels. The three channels are visibly 

separated, as shown in Figure 4.1.1 B, C. 

 

 

Figure 4.1.1 (A) Three-channel hollow TPU fibers with diameters from 2 mm to 150 μm. (B) Cross-

sectional view of three-channel fiber. (C) Optical image of three-channel fiber. 
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4.2 Mechanical Properties of Hollow Fiber 

 

Our investigation into the mechanical performance of the fibers, as illustrated in Figure 

4.2.1 A, has yielded significant implications. For comparison, we 

also manufactured solid and hollow fibers using SEBS. The Young’s modulus of the 

solid fiber, hollow SEBS fiber, and hollow TPU fiber are 12.582 MPa, 2.9342 MPa, 

and 0.01MPa, respectively. All three fibers can stretch over 800% of their original 

length. The substantial difference in Young’s modulus among these samples is 

attributed to the presence of a channel. According to the information obtained from the 

vendor, the expected Young’s modulus of SEBS and TPU are 2.4 MPa and 24.8 MPa. 

However, the one-channel SEBS fiber and three-channel TPU fiber exhibit the reverse 

Young’s modulus result. The existence of a channel, which lies precisely in the middle 

of the cylindrical fiber, lessens the dosage of plastics. However, the calculated volume 

remains the same, which gives the chance to reduce Young’s modulus. The hollow 

channel reduces the lining support of the fibers while providing a volumetric space for 

the walls. This design feature makes the fibers more prone to deformation with less 

strain, a crucial factor for the flexibility required to implant devices to avoid trauma to 

surrounding soft tissues.  

 

The hysteresis loop areas as shown in Figure 4.2.1 B, C of hollow SEBS fiber and 

hollow TPU fiber are 1003.66 and 586.89, respectively. The smaller hysteresis loop 

area indicates the less energy dissipation capacity incurred by the internal friction of 

materials during deformation, which is consistent with the former assumption about the 

reduction of Young’s modulus. Through the stress-strain loop, we can also conclude 

that after the first stretching cycle, the strain difference during the following stretching 

is negligible. Therefore, pre-stretching before applying this fiber is necessary to 

maintain its stable mechanical properties. 
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Figure 4.2.1 (A) Stress-strain comparison between hollow fibers made of TPU, SEBS, and solid fibers 

made of SEBS. (B) Stress-strain loop of SEBS. (C) Stress-strain loop of TPU (D) Young’s modulus 

comparison of the bear hollow fiber (Fiber), the bear three-channel fiber with one channel filled with 

liquid metal (EFiber), transducer-EGaIn fiber (TEFiber), and transducer-interlayer-EGaIn fiber 

(TIEFiber). 

 

To study the mechanical influence of the liquid metal, PLA/CNTs transducer layer, and 

PTFE/PFPE/CNTs interface on the fiber, we also calculated Young’s modulus at 5% 

stretch of bear hollow fiber, the bear three-channel fiber with one channel filled with 

liquid metal, single LM fiber coated with transducer layer and single fiber coated with 

interface and transducer layer as depicted in Figure 4.2.1 D. The Young’s modulus is 

0.09739 MPa, 0.14518 MPa, 0.1521 MPa, and 0.10844 MPa, separately. Although both 

the injection of liquid metal and the PLA/CNTs-based transducer layer increased 

Young’s modulus, the soft, glutinous PTFE/PFPE/CNTs interface lowered Young’s 
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modulus. Therefore, we can infer that the whole process of interlayer-transducer fiber 

fabrication does not significantly affect Young’s modulus of the fiber. 

 

4.3 Electrical Property of EFiber 

Liquid metal is prevalent in applying flexible electronics for high stretchability and 

conductivity, specifically since the ingenious creativity accomplished by Dr Michael. 

D. Dickey and his group163, who first injected the liquid metal into the SEBS hollow 

fiber, said that the stretchability of liquid metal has been more widely disinterred in the 

fiber realm. Here, we opted for the eutectic gallium indium alloy (EGaIn) with a melting 

temperature of 16 oC and injected it into the hollow TPU fiber. The injection of EGaIn 

does not significantly affect the mechanical property of the fiber, as there is no chemical 

reaction or physical change. We then tested the electrical performance under stretching 

and bending. The result (Figure 4.3.1 A, B) shows that the LM-filled fiber is strain 

intensive to 124%, with a negligible resistance change. This stability in the resistance 

of the fiber, even under such high strain, instills confidence in the stability of the 

material. The conductivity is higher than that of silver and copper, which is under 

around 150% stretching. Even under 700% stretching, the fiber is still conductive, 

around 6 MS/m. The test concluded with the fallen-off of the test fixture and the length 

limitation of the wire.  

 

Then, we conducted a fatigue-resistant test. As depicted in Figure 4.3.1 C, the three 

stages of stretching: 6-fold elongation, 8-fold elongation, and 10-fold elongation, all 

demonstrated a stable conductivity cycle under stretching, with minimal variation. This 

stability in the conductivity cycle provides a strong reassurance of the reliability of our 

results. Furthermore, the figure also illustrates that with longer stretching, the maximum 

conductivity of each cycle is increasing, which is in line with the hysteresis test result.  
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Figure 4.3.1 (A) Conductivity of the hollow TPU fiber under stretching to 700%. The end of the test 

for the test fixture is off, and the length of the wires is limited. (B) Zoomed-in image of the 

conductivity of the hollow TPU fiber under stretching to 125%. (C) The conductivity change under 

more than 2000 times of 6-fold elongation, hundreds of times of 8-fold elongation, and 500 times of 

10-fold elongation. 
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Chapter 5 Fabrication and 

Characterization of Multifunctional 

Implantable Fiber-shaped Sensor 

5.1 Structure of Fiber-shaped Sensor 

5.1.1 Overview of Fiber-shaped Sensor 

The transducer-interlayer-EGaIn fiber sensor consists of three electrodes: one reference 

electrode and two ion-selective working electrodes, as depicted in Figure 5.1.1 A and 

C. All three electrodes are composed of an interlayer and a transducer, as shown in 

Figure 5.1.1 B. The difference among the three electrodes is that sodium selective 

membrane and potassium selective membrane are coated on the transducer of the two 

working electrodes, respectively, and Ag/AgCl is electroplated on the transducer of the 

reference electrode, followed by coating PVB/NaCl to minimize the signal drift. For 

sodium and potassium sensing, The potential-response sensing performance is not 

significantly related to the area of electrodes164, so for convenient operation, each 

electrode is fabricated as 6 mm long. 
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Figure 5.1.1 (A) The structure of TIEFS. (B) The cross-sectional view of TIEFS. (C) The overview of 

three electrodes on TIEFS. 

. 

5.1.2 Transducer Layer 

Though the satisfying fluidic merit of the liquid metal, the corrosive and high surface 

tension of liquid metal indicate the pending of an encapsulation interface, which inhibits 

the leak of liquid metal while maintaining superior electrical conductivity. Typically, 

most researchers use glue to encapsulate and insert conductive wires like copper or 

silver126, 165-167.  However, this prevalent method is not convenient for practical use 

since the mechanical mismatch between the rigid wire and the flexible fibers could 

cause electrical instability and even misconnection between the fiber and the terminal 

devices. Therefore, a flexible, electrical conductive encapsulation layer is pending to 

be developed. 
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Initially, we chose a mixture of PLA and carboxylated multi-walled carbon nanotubes. 

The carboxylation of CNTs provides opportunities to form hydrogen bonds and more 

potent van der Waals force with liquid metal, forming a stable three-dimensional 

conductive network that minimizes resistance change under stretching or bending. The 

PLA works as both the supporting bracket for CNTs and the glue-like material for 

CNTs to get better attachment to TPU fiber.  

 

 

Figure 5.1.2 The three-dimensional conductive network. Blue lines on the left and the right circles 

indicate the carboxylated multi-walled carbon nanotubes. The gray rounds indicate liquid metal EGaIn. 

 

We then compared the effect of the weight ratio of CNTs. According to the previous 

study168, the conductive polymer composite (CPC) conductivity versus the content of 

CNTs relates to the filler percolation phenomena. When the concentration of filler 

particles in the matrix is below a certain threshold, the particles are randomly dispersed, 

and there is no continuous pathway for the desired property enhancement. However, as 

the filler concentration increases, a critical point is reached where the particles connect 

and form a percolating network. At this percolation threshold, the filler particles create 

a continuous pathway that enables the desired property to be significantly enhanced. 

Near the filler percolation, the complex process of tunneling effects may influence 

conductivity, thus obtaining higher sensitivity. The PLA formed numerous holes after 

the evaporation of the solution as shown in Figure 5.1.3 A, and CNTs should occupy 

the hole. With the increasing weight ratio of CNTs, the film's resistance is lower, 

consistent with the filler percolation theory. Then, we measured the hole and hole-to-
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edge ratio of different films as shown in Figure 5.1.3 C, D. In the weight ratio range 

between 0.075 to 0.15, the hole and the hole-to-edge ratio increase to a small extent. In 

contrast, around 0.33, the hole diameter is much higher, and the hole-to-edge ratio is 

much less. Therefore, we infer that the sharp difference is because 0.33 is near the filler 

percolation; thus, the tunneling effect is dominant in resistance—the more PLA results 

in less possibility of electron transmission across the isolation layer. 

 

 

Figure 5.1.3 (A) The optical image of PLA/CNTs composite membrane. (B) The effect of the weight 

ratio of CNTs on the resistance. (C) The difference in hole diameter and the ratio of the distance from 

the hole to the edge of the membrane to the hole diameter among different weight ratios of CNTs, 

referred to as the 'hole-to-edge ratio difference '. (D) The resistance change under stretching of the 

TEFiber with different weight ratios of CNTs. 2:1, 4:1, 6:1, and 10:1 refer to the weight ratio of PLA to 

CNTs.  
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Then we investigated the electrical stability of the as prepared fibers under stretching. 

The liquid metal-filled fibers encapsulated with PLA/CNTs, composed of different 

weight ratios of CNTs, were subjected to stretching at a carefully controlled, uniform 

speed. Figure 5.1.3 highlights that the 2:1 weight ratio stands out, maintaining the most 

stable resistance even when stretched to 140%. In contrast, the other groups 

experienced sharp resistance changes within 10% strain, possibly due to the stable 

connection between the liquid metal and the CNTs. This reassures the reliability of our 

experimental setup and the consistency of our results. 

 

We further investigated the effect on the functionality of different weight ratios of 

CNTs. For demonstration, the sodium selective membrane is dip-coated onto the 

encapsulated end of the transducer-EGaIn fiber (TEFiber), followed by testing the open 

circle voltage responding to different concentrations of NaCl solution relative to the 

Ag/AgCl reference electrode. Figure 5.1.4 shows the performance variation. Consistent 

with the percolation theory discussed before, the weight ratio of 2:1 behaves the best. 

We infer three probable reasons: higher charge transfer efficiency, which refers to the 

rate at which charge is transferred from the electrode to the electrolyte, higher signal-

to-noise ratio, which is the ratio of the signal power to the noise power, and more active 

electrode surface process. Electrodes with lower resistance have higher charge transfer 

efficiency, which means that when the electrode surface reacts with sodium ions, 

electrons are more easily moved between the electrode and the electrolyte. Therefore, 

when the concentration of sodium ions in the solution changes, the potential change on 

the electrode surface will also be more rapid and easily observed, thus improving the 

sensitivity to sodium ions. Besides, electrodes with lower resistance produce lower 

thermal noise during measurement. Resistive components in electrodes and circuits 

generate thermal noise, which can affect the clarity of the measured signal. Lower 

thermal noise means a higher signal-to-noise ratio, which helps more accurately detect 

and respond to changes in sodium ion concentration. Furthermore, electrodes with more 

negligible resistance may have better electrochemical activity on their surface, 
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facilitating the ion exchange process on the sodium ion selective membrane. The higher 

the electrochemical activity of the electrode surface, the stronger the interaction 

between sodium ions and the selected film, thus increasing the sensitivity. 

 

 

Figure 5.1.4 The sodium sensing performance of TEFS with different weight ratios of CNTs. 2:1, 4:1, 

6:1, and 10:1 refer to the weight ratio of PLA to CNTs. 

 

5.1.3 Interlayer 

As formerly indicated (Figure 5.1.3 A), numerous holes form in the PLA/CNTs 

transducer layer. Despite the secure connection between the liquid metal and CNTs, the 

vast holes would allow water to suffuse across the membrane and thus enter and react 

with the liquid metal, causing liquid metal's irreversible oxidation and polarization. 

Therefore, the holes in the membrane pose a considerable challenge to the long-term 

stability of the TEFiber in aqueous conditions. Furthermore, even though we treat the 

transducer mixture with ultrasonic and stirring, the CNTs still exhibit extreme intention 

to aggregate, inhibiting the membrane's even coating and the electrical performance. 

 

We added the second water-repelling encapsulation layer to tackle the challenges: 

PTFE/PFPE/CNTs interlayer between the transducer layer and liquid metal. PTFE 

(Polytetrafluoroethylene) is widely used for its extraordinary chemical inertness, and 
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PFPE (Perfluoropolyether) is a reliable lubricant. The mixture of these two hydrophobic 

materials exhibits a highly viscous and dense property, which is ideal for the water-

repelling interface. The viscous mixture can form a physical isolation layer between 

CNTs, effectively preventing direct contact and aggregation between CNTs. This 

physical isolation layer can reduce van der Waals forces between CNTs, thereby 

reducing aggregation. Besides, the viscosity of the PTFE and PFPE mixture can 

increase the flow resistance of CNTs in the mixture, and this increased resistance can 

slow the movement and aggregation of CNTs. In addition, the viscous mixture can also 

redisperse the aggregated CNTs through its fluidity.  

 

 

Figure 5.1.5 (A) The morphology comparison of the interlayer, transducer, and the combination of 

interlayer with transducer. (B) Zoomed-in morphology of interlayer. (C) Zoomed-in morphology of 

transducer. (D) Zoomed-in morphology of interlayer + transducer. 
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The need for implantable sensors that can maintain stability while under bending, due 

to the flexible nature of patients' tissues and organs, is a critical consideration. The 

stability of structure and interface among parts of devices holds great importance in 

realizing sensing stability. We compared the morphology of electrodes before and after 

bending the transducer-EGaIn fiber sensor (TEFS) and transducer-interlayer-EGaIn 

fiber sensor (TIEFS). The cracks in Figure 5.1.6 A come from the CNTs, which are 

easy to congregate, while the cracks grow larger in Figure 5.1.6 B, meaning there is an 

inconsistency of TEFS under deformation. 

 

 

Figure 5.1.6 The bending test of TEFS. (A, B) Morphology of TEFS before bending. (C, D) 

Morphology of TEFS after bending. 

 

 On the contrary, the morphology of the electrodes of TIEFS remains consistent and 

unchanged before and after bending, as depicted in Figure 5.1.7. The addition of an 
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interface significantly reduced the formation of cracks and kept the original 

morphology after bending. 

 

 

Figure 5.1.7 The bending test of TIEFS. (A, C) Morphology of TIEFS before bending. (B, D) 

Morphology of TIEFS after bending. 

 

The anti-friction performance is vital for implantable devices because of the undeniable 

frictional process with organs or tissues during implantation. We also tested the anti-

abrasion performance of TEFS (transducer-EGaIn fiber sensor) and TIEFS (transducer-

interlayer-EGaIn fiber sensor). Under being scratched with sandpapers from #5000 to 

#80 three times each, the CNTs on the TEFS electrode fall off easily, even after being 

scratched using the finest sandpaper, as shown in Figure 5.1.8 A, B. However, the CNTs 

on the TIEFS electrode keep consistency even after being scratched by the roughest 

sandpaper, which can be observed from Figure 5.1.8 C, D —the anti-abrasion 
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performance of TIEFS benefits from the hierarchical structure of the wet interlayer and 

dry transducer. When being scratched, the PFPE in the interlayer is able to self-heal, 

and the oily interface allows CNTs to realign like skiing during deformation. This 

dynamic realign assures the electrochemical performance of TIEFS during deformation. 

Compared to TEFS in Figure 5.1.9 C, D, the resistance of TIEFS under bending and 

scratching keeps minimal change, which assures the functionality of TIEFS during 

implantation. 

 

 

Figure 5.1.8 (A) The morphology of TEFS before scratching. (B) The morphology of TIEFS before 

scratching. (C) The morphology of TEFS after three times of scratching with #800 sand paper. (D) The 

morphology of TIEFS after three times of scratching with #800 sand paper. 

 



74 

 

 

Figure 5.1.9 (A) The tensile strength of fiber, EFiber, TEFiber, and TIEFiber. (B) The resistance 

changes of ETFiber, TEFiber, and TIEFiber under bending and elongation. (C) The change of 

resistance of EFiber, TEFS, and TIEFS under bending. (D) The change of resistance of TEFS and 

TIEFS under scratching. 

 

Based on the lubricant characteristic, the contact angle between the water and interlayer 

is smaller than that of the transducer layer, 96.210o and 133.996o, respectively. The 

contact angle between the water and transducer layer with interface acts as a middle 

value, 128.785o between the above two. The coating remains hydrophobic, which is 

optimistic for preventing biofouling of in vivo implantation. 
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Figure 5.1.10 The contact angle between water and (A) interlayer; (B) transducer without interlayer; 

(C) transducer with interlayer. 

 

5.2 Capacitive Performance of Transducer-

Interlayer-EGaIn Fiber (TIEFiber) 

CNTs have been found to have capacitive performance for years and have been applied 

to various sensing scenarios169, 170. Here, we also studied the capacitive performance of 

TIEFiber and IEFiber. The porous structure of the transducer gives water in solution 

access to a reaction with liquid metal, which results in a diagonal line of TEFiber in the 

CV test, showing no capacitive performance. However, the addition of an interlayer 

prohibits the passage of water into contact with liquid metal. Hence, the CV curve of 

TIEFiber (Figure 5.2.1 B) shows a square wave, presenting the capacitive performance. 

The two semicircles in the Nyquist plot of TIEFiber (Figure 5.2.1 C) indicate that there 
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is a resistor and two capacitors in series in the circuit and that the two capacitors are 

each in parallel with a resistor as shown in Figure 5.2.1 A (down). The drop in 

impedance at mid-frequency and high frequency in the Bode plot (Figure 5.2.1 D) and 

the two peaks of the phase angle at the response frequency also match this circuit. 

Therefore, we can infer that the TIEFiber consists of two separate capacitors. 

 

 

Figure 5.2.1 (A) The electrical circuit of TEFS (up) and TIEFS (down). RLM: the resistance of liquid 

metal. RTr: the resistance of the transducer. RISM: the resistance of ion selective membrane. RCT: the 

resistance of charge transfer. CEDL: the capacitance of the electrical double layer. RInt: the resistance of 

interlayer. CInt: the capacitance of interlayer. (B) The CV curve of TEFiber and TIEFiber. (C) Nyquist 

plot of the electrical circuit of TIEFiber. (D) The Bode magnitude and phase angle plot of the electrical 

circuit of TIEFiber. 
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Our research has uncovered a novel aspect of TIEFiber performance. We found that 

CNTs, as the main contributors to the capacitive performance of TIEFiber, exhibit a 

unique behavior. We measured the capacitance of TIEFiber with different masses of 

CNTs, which means only changing the mass of the interlayer. When the mass of CNTs 

is less than 15mg, the capacitance value is directly proportional to the mass of CNTs. 

However, when the mass of CNTs exceeds 15mg, the capacitance value stabilizes at 

around 230μF. The capacitance of CNTs can be calculated as follows: 

 

𝐶 =
𝑆

𝑑
𝜀 

 

Where C refers to the capacitance of CNTs, S refers to the surface area of CNTs, d 

refers to the distance among CNTs, and  refers to the permittivity of CNTs. The surface 

area of CNTs is proportional to the mass of CNTs. The increasing mass of CNTs leads 

to the growth of the capacitance of CNTs. However, when the mass of CNTs is greater 

than 15 mg, the distance among CNTs becomes large enough to offset the positive 

impact of the increase in mass, so the capacitance value remains roughly constant. We 

also measured the capacitance value with and without the transducer, which shows that 

adding the transducer increased the capacitance value to 10 folds. The reason is that 

compared to the interlayer, the mass ratio of CNTs in the transduction layer is more 

extensive, and the distance between CNTs is closer. 

 

In an electrical circuit, the charge on the capacitor can be calculated as follows: 

 

𝑄 = 𝐶𝑈 

 

Where Q refers to the charge on the capacitor, C refers to the capacitance, and U refers 

to the voltage applied to the capacitor. In the electrical circuit of the TIEFS, depicted in 

Figure 5.2.1 A, when voltage is transferred from the ion-selective membrane (ISM) to 

the transducer, the high transducer capacitance in Figure 5.2.2 B results in a substantial 
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charge accumulation. This charge is subsequently transmitted to the interlayer, 

producing an amplified voltage output. Consequently, the voltage transferred from the 

ISM to the interlayer is significantly enhanced171. 

 

We conducted an open-circuit voltage test to validate our hypothesis. By coating the 

sodium ion-selective membrane onto the TIEFiber, we fabricated the sodium sensor 

TIEFS (transducer-interlayer-EGaIn fiber sensor), which demonstrated a response via 

open-circuit voltage. We also assessed the selectivity of TIEFS with varying masses of 

carbon nanotubes (CNTs). Our results show that when the CNTs mass was below 15 

mg, sensitivity increased proportionally with the CNTs mass. However, when the CNT 

mass exceeded 15 mg, the sensitivity stabilized at approximately 220 mV/decade, 

aligning with the capacitance performance of the TIEFiber across different CNT masses. 

We chose 8 mg of CNTs in the following experiments for convenient operation. 
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Figure 5.2.2 (A) The capacitance of TIEFiber with different masses of CNTs. (B) The sensitivity of 

sodium TIEFS with different masses of CNTs. (C) The capacitance value of IEFiber and TIEFiber. 

 

5.3 Sensing Performance of Fiber-shaped Sensor 

(TIEFS) 

We further investigated the sodium sensing performance of the TIEFS and compared 

the influence of interface on sodium sensing. Both fiber sensors exhibit a reliable linear 

response to the variation in sodium concentration, as depicted in Figure 5.3.1. The 

sensitivity of the two sensor types is 62 mV/decade and 147 mV/decade, respectively. 

Our results underscore the potential of an interface to enhance sensitivity.  

 

 

Figure 5.3.1 (A) The sensitivity of sodium TIEFS to sodium concentration ranged from 120 mM to 

160 mM. (B) Corresponding calibration plot of sodium TIEFS. 

 

We also probed the resolution of sodium TIEFS and potassium TIEFS, as shown in 

Figure 5.3.2, finding that the former is 500 μM, while the latter is 100 μM. The 

resolution of sodium TIEFS is 500 μM, while potassium TIEFS is 100 μM. The 

resolution of both sensors satisfies the requirements of clinical application.  
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Figure 5.3.2 (A) The resolution of sodium TIEFS to sodium concentration ranged from 120 mM to 122 

mM. (B) The corresponding calibration plot of sodium TIEFS. (C) The resolution of potassium TIEFS 

to potassium concentration ranged from 5 mM to 5.4 mM. (D) The corresponding calibration plot of 

potassium TIEFS. 

 

Compared with other related research on sodium sensors using the open circle voltage 

method, as shown in Figure 5.3.3 A, we can find out that our TIEFS obtains a high 

sensitivity while keeping a relatively low device size. The sensitivity-amplification 

situation does not only exist on sodium sensors. We also fabricated glucose sensors that 

utilize amperometry as a testing method and compared the sensitivity between glucose 

TIEFS and glucose TEFS in Figure 5.3.3 C, D. Based on the exact size of the two kinds 

of fiber sensors, the sensitivity of the fiber sensors increased from 0.0001 μA/μM to 

0.038 μA/μM because of the addition of the interface. This result proved that the 

universal fabrication method fits both voltage and current measures. 



81 

 

 

 

Figure 5.3.3 (A) The sodium sensor sensitivity of recent works. 1: our work. 2: Sci. Rep., 2024, 14, 

11526172. 3: Electroanalysis, 2019, 31, 239-245173. 4: Sens. Actuators B Chem., 2021, 331, 129416174. 

5: Nat. Electron., 022, 5, 694–705175. 6: Anal. Chem., 2020, 92, 4647-4655176. 7: ACS Appl. Mater. 

Inter., 2017, 9, 35169-35177177. (B) The selectivity of sodium TIEFS. (C) The sensitivity of glucose 

TIEFS to glucose concentration ranged from 0 μM to 250 μM. (D) Corresponding calibration plot of 

glucose TIEFS.  

 

We delved into the comprehensive evaluation of sodium TIEFS's properties, focusing 

on its reversible sensing performance, selectivity, repeatability, and reproducibility. 

These characteristics are crucial for the sensor's application in monitoring fluctuating 

ion levels in patients' bodies and for potential mass production. The sodium TIEFS 

demonstrates a highly favorable reversible sensing performance, essential for 

applications requiring continuous monitoring of sodium ion concentrations. As 
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depicted in Figure 5.3.3 B, the sodium TIEFS exhibits high selectivity against common 

interfering ions such as potassium and calcium. This selectivity is achieved through the 

ion selective membrane, which preferentially binds to sodium ions over other cations. 

Distinguishing sodium ions from potassium and calcium is vital in physiological 

environments, where these ions coexist and can potentially interfere with accurate 

sodium measurement. The sodium TIEFS's repeatability is illustrated in Figure 5.3.4 A, 

where consistent sensing performance is observed across multiple cycles of ion 

concentration changes. This repeatability indicates TIEFS's robustness and reliability 

in dynamic environments, such as those found in the human body. TIEFS's ability to 

maintain consistent performance despite fluctuations in ion levels underscores its 

potential for real-time monitoring applications. This characteristic is particularly 

valuable in clinical settings, where patients' ion levels can vary significantly due to 

physiological processes or medical interventions.  

 

 

Figure 5.3.4 (A) The repeatability of sodium TIEFS to sodium concentration ranged from 122.5 mM to 

132.5 mM. (B) The reproductivity of sodium TIEFS to sodium concentration ranged from 120 mM to 

140 mM. 

 

The reproducibility of the sodium TIEFS, as shown in Figure 5.3.4 B, highlights its 

potential for large-scale manufacturing. Reproducibility refers to the sensor's ability to 
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deliver consistent performance across different production batches. This property 

ensures that each sensor unit meets the same quality standards, which is essential for 

widespread clinical adoption. The reliable reproducibility of the sodium sensor is 

achieved through optimized fabrication processes and stringent quality control 

measures. This consistency facilitates mass production and ensures that TIEFS can be 

deployed in diverse healthcare settings without compromising performance. 

 

We explored the critical aspect of sensing fidelity in sodium TIEFS when subjected to 

mechanical deformation. This evaluation is essential for understanding TIEFS’s 

performance in real-world applications, particularly in dynamic environments requiring 

flexibility and durability. The ability of implantable sensors to maintain accurate 

sensing under deformation is a significant performance metric. To assess this, we 

conducted experiments to evaluate the sodium TIEFS’s performance while bent. The 

sensor was subjected to incremental bending, with sodium concentration changes every 

10 degrees, as depicted in Figure 5.3.5 A. The results demonstrated that the potential 

response of the sodium TIEFS remained consistent when the sodium concentration was 

held constant. This consistency indicates that the electrochemical properties of the 

sodium TIEFS are remarkably stable during deformation, underscoring its robustness 

and reliability for applications where the sensor may experience bending or flexing. In 

addition to stability under deformation, the sodium TIEFS exhibited a linear response 

to changes in sodium concentration. This linearity is crucial for accurately quantifying 

sodium levels in various scenarios, highlighting the sensor’s potential for practical 

applications. The ability to provide a predictable and proportional response to 

concentration changes ensures that the sodium TIEFS can be effectively used in 

environments where precise monitoring of sodium levels is necessary, such as in 

medical diagnostics and patient monitoring. 

 

To further evaluate the durability of the sodium TIEFS, we tested its sensing 

performance before and after undergoing multiple bending cycles—specifically, after 
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10, 50, and 100 bending iterations, as shown in Figure 5.3.5 B. The sensor maintained 

similar sensing performance after ten bending cycles, demonstrating the stability of its 

structure and electrochemical properties under initial deformation. This resilience 

indicates the sensor’s robust design, which can withstand mechanical stress without 

compromising functionality. However, after 50 and 100 bending cycles, a slight 

degradation in sensing performance was observed. Despite this, the sodium TIEFS 

continued to deliver satisfactory responses, indicating that while prolonged mechanical 

stress may impact performance, the sensor retains functionality that remains useful for 

many applications. This finding suggests that the sodium TIEFS is well-suited for 

scenarios requiring moderate flexibility and durability, although further optimization 

may be needed for applications involving extensive mechanical deformation. 

 

 

Figure 5.3.5 (A) The sensitivity of sodium TIEFS under bending to sodium concentration ranged from 

120 mM to 140 mM. (B) The sensing performance of sodium TIEFS before and after 10, 50, and 100 

bending times 

 

We also evaluated the storage fidelity of TIEFS and its multi-dimensional performance 

relative to other existing technologies. The long-term stability of sodium TIEFS was 

rigorously compared with that of sodium TEFS, as illustrated in Figure 5.3.6 A. The 

sodium TEFS exhibited a higher noise ratio and potential drift over extended periods, 
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which can compromise the accuracy and reliability of ion measurements. In contrast, 

the sodium TIEFS, enhanced with an interface layer, demonstrated significantly 

reduced noise and stabilized potential signals. This improvement is attributed to the 

interface’s excellent water resistance and stability, effectively mitigating environmental 

fluctuations and enhancing signal fidelity. The interface acts as a protective barrier, 

ensuring consistent sensor performance even under prolonged exposure to aqueous 

environments. To assess the long-term storage fidelity of sodium TIEFS, we conducted 

an experiment where the sensors were immersed in a sodium chloride solution for 

several days. The sensing performance was evaluated before and after 3 and 7 days of 

soaking, as shown in Figure 5.3.6 B. The results indicate that the sodium TIEFS 

maintained its sensing capabilities with minimal degradation over time. This stability 

is crucial for practical applications, where sensors may need to be stored for extended 

periods before use. The ability to retain performance after prolonged storage 

underscores the robustness of the TIEFS design and its suitability for real-world 

deployment. 

 

 

Figure 5.3.6 (A) The long-term sensing stability of sodium TIEFS and TEFS for 120 mM sodium 

aqueous solution in 15h. (B) The long-term sensing performance of sodium TIEFS before and after 3 

and 7 days of soaking into sodium solution to sodium concentration ranged from 80 mM to 180 mM. 
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In addition to stability assessments, we conducted a comprehensive evaluation of the 

sodium TIEFS’s performance across multiple dimensions, comparing it with other 

existing sensor technologies. Figure 5.3.7 presents this comparison, which includes 

metrics such as device size, Young’s modulus, tensile strength, signal drift, resolution, 

sodium sensitivity, and glucose sensitivity. TIEFS demonstrated superior performance 

across all seven dimensions. Its compact size and favorable mechanical properties, such 

as Young’s modulus and tensile strength, make it ideal for integration into flexible and 

wearable devices. Furthermore, TIEFS exhibited minimal signal drift and high 

resolution, ensuring precise and reliable measurements. The enhanced sodium and 

glucose sensitivity further highlight the sensor’s versatility and potential for multi-

analyte detection in complex biological environments. 

 

 

Figure 5.3.7 Sensor performance of recent works. 1: Electroanalysis, 2016, 28, 1267-1275178. 2: ACS 

Sens. 2020, 5, 2834–2842179. 3: Anal. Chem. 2019, 91, 6569–6576180. 4: Chem. Eng. J. 2023, 454, 

140473181. 5: Adv. Funct. Mater. 2018, 28, 1804456182. 6: Adv. Funct. Mater, 2022, 32, 2200922183. 

184. 7: Anal. Chem. 2021, 93, 16222–16230185. 

 

5.4 Multi-functional Fiber-shaped Sensor (TIEFS) 

Building upon the successful verification of single-functional TIEFS, we advanced our 

research by fabricating a three-electrode TIEFS system. This system comprises two 
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working electrodes—a sodium-selective electrode and a potassium-selective 

electrode—alongside a reference electrode. Integrating multiple electrodes within a 

single sensor unit aims to enhance its functionality by enabling simultaneous detection 

of multiple ions, which is crucial for comprehensive physiological monitoring. 

As discussed in Chapter 2, the distance between electrodes significantly influences the 

electrochemical characteristics of multi-functional sensors. Variations in this distance 

can affect the sensor's impedance and overall performance. Besides, during 

implantation, friction, and deformation may alter the interelectrode spacing, potentially 

impacting the sensor's stability and accuracy. 

 

To investigate this, we measured the impedance between the working electrodes and 

the reference electrode while varying the interelectrode distance from 2 mm to 12 mm, 

as illustrated in Figure 5.4.1 A. The results revealed minimal variation in impedance 

across different interelectrode distances, indicating that electrical crosstalk is negligible 

in the three-electrode TIEFS. This finding suggests that the sensor design effectively 

mitigates potential interference between electrodes, ensuring stable performance even 

when the physical configuration changes slightly during implantation. 

 

We further evaluated the simultaneous sensing capabilities of the three-electrode TIEFS 

by conducting a dynamic test. In this experiment, we first altered the potassium 

concentration for the initial 70 seconds, followed by a change in sodium concentration 

for the subsequent 70 seconds, as depicted in Figure 5.4.1 B. During the first phase, the 

potassium-selective electrode responded to the concentration change, while the sodium-

selective electrode's voltage remained constant. Conversely, in the latter 70 seconds, 

the sodium selective electrode exhibited a voltage change corresponding to the variation 

in sodium concentration, while the potassium electrode's voltage remained unchanged. 

Each electrode's distinct and independent response to its target ion demonstrates the 

sensor's ability to monitor multiple ions accurately and simultaneously without cross-
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interference. Such performance is critical for real-time monitoring applications where 

multiple physiological parameters need to be tracked concurrently. 

 

 

Figure 5.4.1 (A) The impedance change between the reference electrode and the working electrode 

with different 'interelectrode distances ', which refers to the distance between the two electrodes of 

sodium TIEFS. (B) The simultaneous sensing to sodium and potassium aqueous solution of TIEFS. 

 

We present a comprehensive evaluation of TIEFS's biocompatibility, focusing on its 

interaction with biological tissues and their potential for safe implantation. This 

assessment is crucial for determining its suitability for long-term use in biomedical 

applications. 

 

To assess the biocompatibility of TIEFS, we conducted an in vivo study by implanting 

the sensors into the muscle tissue of Sprague-Dawley (SD) rats for 7 days. Following 

the implantation period, the tissues were harvested and subjected to histological 

examination using Hematoxylin and Eosin (H&E) staining, as illustrated in Figure 5.4.2 

A. The histological analysis revealed a minimal infiltration of polymorphonuclear 

leukocytes, lymphocytes, and plasma cells around the implant material. Additionally, a 

small number of giant cells and a more significant number of multinucleated giant cells 

were observed, as shown in Figure 5.4.2 D. These cells indicate a mild inflammatory 
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response, which is a common reaction to foreign materials. Furthermore, the formation 

of a small amount of new blood vessels was noted, suggesting a degree of tissue 

integration and healing around the implant site. Overall, the TIEFS exhibited a slight 

but acceptable reaction to the muscle tissue compared to the control sample, indicating 

a highly favorable biocompatibility profile, which bodes well for its potential in 

biomedical applications. 

 

In addition to the in vivo assessment, we conducted in vitro tests to evaluate the 

cytotoxicity and hemolytic potential of TIEFS. The cell toxicity assay, depicted in 

Figure 5.4.2 B, demonstrated that TIEFS exhibited low cytotoxicity, indicating that the 

material does not adversely affect cell viability, which is critical for ensuring that the 

sensor does not induce harmful effects on surrounding tissues upon implantation. The 

hemolysis assay, shown in Figure 5.4.2 C, further supported the biocompatibility of 

TIEFS by demonstrating no significant hemolytic reaction. The absence of hemolysis 

indicates that the sensor material does not cause the destruction of red blood cells, 

which is essential for preventing adverse systemic effects when the sensor is in contact 

with blood. 

 

The biocompatibility evaluation of TIEFS unequivocally indicates that the sensor is 

suitable and safe for implantation, with minimal adverse reactions observed in both in 

vivo and in vitro assessments. The slight inflammatory response and the formation of 

new blood vessels suggest that TIEFS can integrate with biological tissues without 

causing significant harm. The low cytotoxicity and lack of hemolytic activity further 

confirm the sensor's safety for biomedical applications. 
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Figure 5.4.2 (A) The H&E stain of the implanted area of SD rats after 7 days of implantation. Insert 

image shows the area before implantation. (B) The MTT test of TIEFS. (C) The hemolysis assay of 

TIEFS. (H) The histological evaluation of SD rats’ tissue after 7 days of implantation. 

 

 

Figure 5.4.3 The cell toxicity test of TIEFS. Cell: NIH3T3. 

 

Finally, we presented a comprehensive analysis of the long-term stability and practical 

application of multi-functional TIEFS in biological environments, specifically focusing 
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on their performance in blood samples from Sprague-Dawley (SD) rats and human 

cardiovascular patients. 

 

 

Figure 5.4.4 Multi-functional TIEFS is implanted into SD rats for sodium and potassium sensing. 

 

To assess the long-term stability of the multi-functional TIEFS, we conducted tests in 

the blood of SD rats, as illustrated in Figure 5.4.4 A. The surface of the carbon 

nanotubes in the TIEFS is modified with carboxyl groups, which effectively inhibit 

protein adsorption. This modification is crucial as it prevents the fouling of the sensor 

surface, thereby maintaining the integrity and accuracy of the sensor signals over 

extended periods. The sodium and potassium TIEFS exhibited minimal signal drift 

during prolonged testing, demonstrating their stability and feasibility for application in 

blood environments. This stability is essential for reliable monitoring of ion 

concentrations in dynamic biological systems. 

 

Following the successful demonstration of stability, we implanted the multi-functional 

TIEFS into SD rats for in vivo sensing, as depicted in Figure 5.4.3. Before implantation, 

the sensors were calibrated in an aqueous solution to ensure accuracy, as shown in 

Figures 5.4.4 B and C. The in vivo tests yielded reliable sensing results, with sodium 

concentrations measured at 160.67 mmol and potassium concentrations at 3.89 mmol. 

These values fall within the reference ranges for sodium (158-162 mmol) and potassium 

(3.8-4.3 mmol), confirming the sensor's accuracy and reliability in a living organism. 
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The ability to provide precise measurements in vivo highlights the potential of multi-

functional TIEFS for real-time physiological monitoring. 

 

To further validate the performance of the multi-functional TIEFS, we tested their 

ability to measure sodium and potassium concentrations in blood samples from nine 

cardiovascular patients in a hospital setting, as depicted in Figure 5.4.4 D and detailed 

in Table 5.4.1. The results obtained from the TIEFS were compared with those from 

commercial equipment, and the measurements were highly consistent. This consistency 

underscores the reliability and accuracy of the TIEFS, demonstrating their potential as 

a viable alternative to existing commercial technologies for blood ion analysis. 

 

The multi-functional TIEFS exhibit excellent long-term stability and reliable 

performance in animal and human blood samples. The carboxyl group modification on 

the carbon nanotubes plays a critical role in preventing protein adsorption, ensuring 

stable sensor operation. The successful in vivo application in SD rats and the accurate 

measurement of ion concentrations in human blood samples highlight the potential of 

these sensors for clinical and diagnostic applications. Future research will further 

optimize the sensor design for enhanced durability and explore its integration into 

wearable and implantable devices for continuous health monitoring in diverse patient 

populations. 
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Figure 5.4.5 (A) Long-term simultaneous sensing of sodium TIEFS and potassium TIEFS in mice blood. 

(B) The simultaneous sensing of sodium and potassium to rats' blood of TIEFS. (C) Corresponding 

calibration plot of TIEFS. (D) The sensing results in 9 different human blood samples of TIEFS and 

commercial devices. 

 

No. of 

Patient 

[Na+] measured 

by [Na+] TIEFS 

[Na+] measured 

by commercial 

device 

[K+] measured 

by [K+] TIEFS 

[K+] 

measured 

by 

commercial 

device 

1 143.09448 138 2.20146 4.1 

2 118.74429 123 4.11462 4.4 

3 148.22011 148 1.37464 1.4 
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4 137.93957 138 3.67488 3.7 

5 127.65389 127 5.05972 5.5 

6 145.10038 146 1.80747 2 

7 129.65382 144 1.92028 1.7 

8 165.72357 150 2.99265 3 

9 168.33961 150 1.05836 1.1 

Table 5.4.1 The sensing result of sodium and potassium from multi-functional TIEFS and commercial 

equipment. 

 

 

  



95 

 

Chapter 6 Conclusion 

We successfully fabricated a multi-functional flexible fiber-shaped blood biosensor 

TIEFS through hot extrusion in this project. The Eutectic Gallium-Indium (EGaIn) is 

an electrical transmission to enable flexibility. The active electrode materials are 

carboxylated multi-walled carbon nanotubes (CNTs) with sizeable active surface areas 

and high transmission rates. Through optimizing the mixture of polymer and CNTs, the 

biosensor TIEFS achieved extraordinary performance, including high sensitivity, 

resolution, long-term stability, and reliable sensing fidelity under deformation. These 

characteristics not only demonstrate the considerable potential of TIEFS in clinical 

application but also pave the way for accurate real-time blood analysis, inspiring a 

hopeful future for biosensor technology. 

 

In Chapter 4, we investigated the morphology, mechanical, and electrical properties of 

EGaIn-filled fibers (EFiber). The low Young’s modulus (0.1 MPa) of EFiber 

demonstrated outstanding flexibility. Besides, introducing the oily glutinous interlayer 

significantly increased the anti-abrasion capability and structural and electrical 

consistency under bending. EFiber is resistance insensitive to 124% strain. The 

outstanding electrical and morphological fidelity of EFiber during deformation ensured 

the stability of its application in dynamic environments. 

 

In Chapter 5, we focused on the capacitive and sensing performance of the transducer-

interlayer-EGaIn fiber sensor (TIEFS), which has a high sodium sensitivity of 147 

mV/decade, showcasing its exceptional response to the sodium concentration change. 

The resolution for sodium TIEFS and potassium TIEFS is 500 μm and 100 μm, 

respectively, demonstrating the accuracy in sensing. Besides, the sodium TIEFS 

exhibits a minimal electrical signal drift for hours with 0.9678 mV/h, ensuring reliable 

long-term monitoring. Finally, we successfully verified the sensing performance in the 
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SD rats model and human blood samples, further demonstrating the feasibility of multi-

functional TIEFS in clinical applications. 

 

In conclusion, the multi-functional, implantable fiber-shaped blood gas sensor, denoted 

as TIEFS, was successfully fabricated with high sensitivity and fidelity in electrical and 

structural performance. However, the reproductivity is limited for hand-made processes 

in electrode fabrication, enlarging the fabrication cost. In addition, the functionality of 

TIEFS is only limited to electrochemical sensing. This underscores the need for future 

research and development in the field. The fiber-shaped sensors' fabrication method 

and functionality should be investigated, with a focus on improving reproductivity and 

expanding functionality. The morphology of the fibers can be controlled more precisely 

through laser cutting and photolithography. The long-term implantation 

biocompatibility of fiber device should be further investigated with the consideration 

of maintaining functionality integrity, Through integration with functional materials 

such as ferromagnetic and self-healing materials, the fiber-shaped sensors are desired 

to be capable of dynamic motion and induced deformation, broadening the application 

realm of fiber-shaped sensors and potentially revolutionizing the field of sensor 

technology. Finally, the fiber sensor is estimated to be incorporated with wireless 

communication and power devices, such as NFC, to enable portable operation. 
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