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Abstract 
The diverse physiological pressures within the human body are crucial in maintaining optimal 

health and homeostasis. Long-term and continuous monitoring of these physiological 

pressures can provide key information in the early diagnosis and treatment of several critical 

diseases, such as eye disease, bladder dysfunction, neurological disorders, and cardiovascular 

conditions. Among the vital physiological pressures in the human body, blood pressure (BP) 

is the most important clinical parameter to monitor. Approximately 1.13 billion people suffer 

from high blood pressure (hypertension), and nearly 10% of the global healthcare budget is 

spent on controlling BP. 

The gold standard BP monitors currently used in hypertension management are 

uncomfortable, lack precision, and, most importantly, unsuitable for continuous monitoring. 

With the recent development in wearable devices, a variety of new BP monitoring 

technologies have been introduced with the potential to monitor the BP continuously. 

However, the literature review suggested that the accuracy and suitability of these devices for 

clinical use are still questionable. To further validate the application of these devices and test 

the hypothesis that òthe new wearable BP devices are suitable for clinical use", a clinical study 

was performed to validate the existing wearable home-based blood pressure monitors 

(HBPMs). The output of these HBPMs was compared against the gold standard brachial 

sphygmomanometer using the ISO81060-2 (2019/A1:2020) protocol, and none of the 

devices passed the ISO validation criteria. The results of this study strengthened the case for 

an unmet clinical need of a highly accurate, nonocclusive continuous BP monitoring solution 

for hypertension management, especially for high-risk patients.   

To address the unmet need, a miniaturized wireless pressure sensor was designed, developed, 

and tested for safety and functional performance in preclinical models. The sensor consists 

of a planar inductor and a capacitive sensing element to form an LC (inductor-capacitor) 

resonance circuit. The initial prototypes of the sensor were designed and optimized to 

monitor the pressure for wearable medical applications. The sensor prototypes were 

manufactured using a cost-effective, accessible, and scalable fabrication process. The 

performance of these prototypes was characterized by preclinical bench models, including a 

customized pressure chamber and physiological flow models. The fabrication process was 

optimized using an epoxy thiol click chemistry technique to improve the sensor integrity and 
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reliability. This technique allowed achieving sensors with irreversible bonding between 

various material layers in the sensor assembly. 

The initial prototypes designed for wearable medical applications, such as pressure 

monitoring in compression bandages, were relatively larger in size to meet the requirements 

of the application. Following the proof of concept with the initial design, the sensor was 

optimized to meet the requirements of continuous BP monitoring with a novel thin-film 

miniaturized design. The modified sensor design was created for a subcutaneous BP 

monitoring system comprising a highly sensitive foldable sensor to be placed on the radial 

artery and a reader system embedded in a wrist bracelet. The design of the sensor was 

optimized to an elliptical shape that can be folded in compact dimensions along the major 

axis, making it suitable for subcutaneous delivery. Moreover, the elliptical sensors can cover 

more area over the artery. There was no existing analytical or numerical model for elliptical 

shape planar inductors designed for the sensor; therefore, a numerical model was also 

developed during this research project. This numerical model was validated thoroughly 

against experimental prototypes. 

The novel elliptical sensors were characterized for the wireless linkage between the 

implantable sensor and external reader coil in porcine and ovine tissue environments. During 

this ex vivo investigation study, the impact of the biological medium on the relative magnitude 

of the reflection coefficient and resonance frequency was analyzed. An external repeater coil 

was introduced between the implantable sensor and the external reader coil to improve the 

wireless linkage. It was observed that the repeater coil improved the wireless linkage 3 to 3.5 

times when there was a 2.5 cm thick tissue (skin, fat, and muscle) layer between the sensor 

and reader coil.  

Subsequently, a preclinical in vivo study on an animal model (sheep) was conducted to 

validate the efficacy and safety of the novel elliptical thin-film pressure sensor. On the 

implantation day (day 0), 9 sensors were implanted on the left and right carotid arteries of 

sheep. After implantation on day 0, simultaneous BP data were recorded from a reference 

device (Millar Mikro-Tip SPR-524) and from the detectable implanted sensors. Another 

measurement session was performed on the follow-up day (day 14), and data was recorded 

from the detectable working sensors. The recorded data were post-processed and compared 

with Millar catheter data (Reference device), and a good correlation between the sensor and 

reference data was observed from day 0 and day 14. However, the quality of day 0 data was 
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better than the data recorded on day 14. After the measurement session, the sensors and 

tissue samples from the implantation site were analyzed for biological evaluation according 

to ISO 109936:2016 (biological evaluation of implanted medical devices) protocol. No 

significant inflammations or reactions were seen, proving the biocompatibility and safety of 

the thin-film pressure sensors. This in vivo study successfully achieved its primary objectives, 

confirming the sensors' efficacy (continuous BP monitoring) in acute conditions and their 

safety during the follow-up session, as evidenced by their optimal performance on day 0 and 

the absence of infections or inflammation on day 14. The results suggested biocompatibility 

and the potential for a future minimally invasive, nonocclusive subcutaneous device for 

continuous long-term BP monitoring through further advancements.  
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Chapter 1  
Introduction   
This chapter provides an overview of the PhD thesis. It provides an introductory 

discussion about different physiological pressure signals, the importance of continuous 

pressure monitoring, a problem statement, a proposed solution, a brief literature survey, 

and discovered challenges in developing a continuous pressure monitoring system for 

long-term use. The chapter also highlights the key contributions of this PhD research 

in continuous pressure monitoring.  

1.1  Physiological Pressures 

Physiological pressure refers to diverse pressures inside the human body, playing vital 

roles in proper functioning and maintaining homeostasis. These pressures are crucial 

for the health and optimal performance of specific organs or systems in the human 

body. Precise regulation mechanisms tightly control physiological pressure levels to 

ensure optimal functionality. Some of the vital physiological pressures inside the human 

body include blood pressure, intracranial pressure, intraocular pressure, and bladder 

pressure.  

Blood pressure is the force exerted by the circulating blood against the walls of arteries. 

Various factors, including the pumping action of the heart, blood volume, and the 

resistance of blood vessels, regulate blood pressure. Intracranial pressure (ICP) is the 

pressure exerted inside the skull and brain tissue. The balance of cerebrospinal fluid 

(CSF) production, absorption, and circulation is critical for maintaining normal ICP. 

Intraocular pressure (IOP) is the fluid pressure inside the eye, specifically within the 

anterior chamber. Maintaining appropriate IOP is essential for preserving the shape of 

the eye and ensuring optimal blood flow to ocular structures. Bladder pressure is the 

force exerted within the urinary bladder. Maintaining and monitoring it is essential to 

prevent complications like urinary retention, infections, and damage, ensuring healthy 

bladder function and overall well-being. Understanding and maintaining physiological 

pressure within these systems is crucial for optimal health and well-being. Deviations 

from the normal ranges can indicate underlying pathology and may require medical 

intervention to restore balance and prevent further complications. 

Recent advancements in sensing technology have paved the way for the development 

of sophisticated, long-term pressure monitoring devices that are compact, lightweight, 
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and user-friendly [1]ð[4]. These state-of-the-art devices offer accurate and consistent 

pressure readings over extended durations, making them indispensable tools in clinical 

and research settings [5]. The field of biomedicine greatly benefits from long-term, 

continuous pressure monitoring, as it enables precise and reliable measurement of 

pressure variations over prolonged periods [6], [7]. These devices encompass 

implantable and wearable sensors, which are customized for specific biomedical 

applications, taking into account factors such as size, biocompatibility, and sensing 

principles [1], [8], [9]. The emergence of implantable and wearable pressure sensors 

holds transformative potential in revolutionizing medical monitoring and therapeutic 

interventions [10], as illustrated in Figure 1.1. 

 

1.2 Clinical Need 

Long-term, continuous physiological pressure monitoring is critical in the biomedical 

field, as it enables accurate and consistent measurement of pressure fluctuations over 

extended durations. This monitoring approach is significant in diagnosing and treating 

various medical conditions, including cardiovascular disease, eye disease, neurological 

Figure 1.1 Physiological pressure monitoring in human health care (Intraocular pressure [27], 
Blood pressure [97], Bladder pressure, Intracranial pressure [98], Compression therapy [99], 
Respiratory signal [100], [101], Wound pressure [41]) 
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disorders, lower limb rehabilitation, and wound complications. Examples include 

monitoring the intra-arterial pressure in patients with hypertension, the intraocular 

pressure in patients with glaucoma [11], and the bladder pressure in patients with 

neurogenic bladder dysfunction [12]. By continuously monitoring blood pressure over 

an extended period, valuable information can be obtained regarding the patient's 

condition, identifying trends and patterns that may indicate the presence of 

hypertension or other cardiovascular conditions [13]. Moreover, this monitoring 

technique can assist in evaluating treatment efficacy and identifying potential 

complications, such as heart failure [14]. Continuous monitoring of intracranial pressure 

is also crucial for obtaining insights into brain health, as it aids in identifying trends and 

patterns of intracranial pressure in brain injury cases [15]. 

Furthermore, more frequent intraocular pressure (IOP) measurements are desirable to 

enhance understanding of glaucoma, characterized by elevated IOP, and improve the 

management of individual patients [11]. Real-time, continuous monitoring of bladder 

pressure is vital in acquiring information that can be intelligently utilized to stimulate 

sphincter muscles, offering particular benefits to patients with neurogenic bladder 

dysfunction [12]. Plantar pressure refers to the force exerted on the sole of the feet and 

serves as an important indicator of foot health, facilitating the identification of patients 

at risk of foot injuries and other foot disorders [16]. Wound pressure, on the other hand, 

refers to the pressure exerted on a wound and plays a critical role in evaluating the 

progress of wound healing and identifying patients susceptible to wound complications 

[17]. 

Among the vital physiological pressures, blood pressure is one of the most important 

indicators of overall health. The World Health Organization (WHO) reports that 

approximately 1.13 billion people worldwide suffer from hypertension, a major risk 

factor for cardiovascular diseases [18]. Blood pressure control remains suboptimal, 

leading to increased morbidity and mortality rates. The economic burden is also 

substantial, with approximately 10% of global healthcare expenditure allocated to blood 

pressure management [19], [20]. Uncontrolled high blood pressure significantly 

increases the risk of heart attacks, strokes, and other cardiovascular complications. 

However, by effectively monitoring and managing blood pressure, it is possible to 

reduce the occurrence of these adverse events by up to 50% [21]. 



 

4 

 

The existing research and commercial solutions for continuous physiological 

monitoring face significant limitations in accuracy, invasiveness, tethered, and user 

comfortability, particularly for long-term continuous blood pressure monitoring [7], 

[22]ð[25]. These limitations emphasize the need for a new technology to provide high 

accuracy and reliability while minimizing the impact on the patient's routine activities. 

This new technology should mitigate the drawbacks of invasiveness, tethered, and 

discomfort experienced by users during monitoring. 

1.3 Literature Survey 

Physiological pressure such as intracranial, intraocular, and cardiovascular pressure are 

vital parameters to monitor the health condition and provide the opportunity for early 

disease diagnosis [26]ð[30]. By keeping track of these crucial physiological indicators, it 

is possible to customize therapies and advance preventative healthcare [31], [32]. Studies 

have reported that pressure monitoring can be used in muscle rehabilitation, diagnosis 

of lower limb problems, and wound monitoring [33]ð[35]. Recently, technological 

advances have been made to the development of miniaturized wearable blood pressure 

(BP) measurement devices [36]. Among the former, modern smartwatches implement 

BP measurement functions, but they are still far from being ready for clinical use [24].  

In biomedical applications, pressure monitoring technologies are based on optical, 

piezoelectric, resistive, or capacitive sensing principles [37]ð[43]. In the optical pressure 

monitoring approach, light is released from the source onto biological tissues, and the 

reflected light is collected on a photodetector. BP is calculated using the change in light 

intensity; however, motion artifacts can result in inaccurate measurements [38],[44]. In 

piezoelectric sensing, a specialized piezoelectric material gets polarized from external 

pressure and generates voltages [45]ð[48]; however, this sensing technology is not 

suitable for static pressure due to the current leakages [49], [50].  

In resistive sensing, the contact area between the sensor electrode and the active 

resistive layer changes with the external pressure, resulting in a change in resistance [51]; 

however, there is always a need for a power source for resistive pressure sensors. 

Moreover, resistive sensing technology is sensitive to temperature; therefore, this 

technology is not suitable for implants [52]. In capacitive pressure sensing, the distance 

between the electrodes of the capacitor changes with external pressure [53]. This 

capacitive element (C), which, when paired with the inductor (L), provides an LC 
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resonant tank circuit that can be powered wirelessly, making it the most suitable 

candidate for an implanted passive sensor [41], [42], [54]ð[56].  

The thin-film-based capacitive pressure sensors are flexible, less expensive, and simple 

to fabricate [28], [55], [57]. Fonseca et al. [58] presented a flexible wireless LC pressure 

sensor that was rollable and foldable to a compact shape for catheter-based delivery. 

The sensor was tested acutely (in vivo) for over 30 days in canine models simulating 

abdominal aortic aneurysms (AAA). Li et al. [59] reported a low-power flexible LC 

sensor for intracranial pressure (ICP) monitoring with a dual-mode operation in 

piezoelectric and capacitive modes; accuracy and reliability were improved using the 

dual-mode capability. Chen et al. [27] presented a wireless pressure sensor for 

continuous intraocular pressure monitoring of glaucoma patients with a long sensing 

distance and small physical form factor. To demonstrate the viability and effectiveness 

of the sensor implant with long-term biocompatibility, the sensor was placed for six 

months inside a live rabbit eye. Peng et al. [60] reported a novel long-term implantable 

BP monitoring system consisting of a micro-electro-mechanical system (MEMS) 

pressure sensor. The sensor was validated on the carotid artery of the rat; however, the 

system was not fully wireless. Bingger et al. [61] reported a capacitive BP sensor to 

measure BP, heart rate, and respiratory rate. The sensor was wrapped around the pig's 

carotid artery; however, the sensor was not wireless. A biodegradable LC sensor was 

proposed by Boutry et al. [55] in which a capacitive element was wrapped around the 

rat's femoral artery to measure BP in both wired and wireless modes. However, this 

sensor was created primarily to measure blood flow following reconstructive surgery 

and was implanted through a complex surgical procedure.  

Most wearable solutions designed for blood pressure monitoring employ resistive 

mechanisms and demand a power source for operation. Additionally, these wearables 

require a tight fit over the arterial surface, leading to discomfort and posing challenges 

for long-term monitoring. In contrast, implantable blood pressure sensors often rely on 

capacitive sensing mechanisms, in which the capacitance varies due to the compression 

of a flexible dielectric layer. Nevertheless, the sensor's performance degrades over time 

due to changes in the dielectric layer's behavior. 

Air cavity-based pressure sensors exhibit nonlinear behavior when transitioning from 

low to high-pressure ranges. Furthermore, their response varies with fluctuations in 

temperature, raising doubts about their suitability for medical-grade solutions. Most 
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implantable sensors are situated either within the artery, wrapped around it, or placed 

in proximity to the artery. These complicated surgical procedures render them highly 

invasive and less practical for prolonged pressure monitoring. The invasive nature of 

the implantation process also introduces challenges in terms of regulatory compliance. 

It has been observed that a significant portion of research studies only characterize their 

sensors in vitro or using ex vivo models. This raises concerns about the validity of their 

performance in vivo models, which is necessary to demonstrate sensor biocompatibility 

and safety. The literature highlights several key challenges in designing and developing 

medical devices, including device performance, biocompatibility, invasiveness, power 

and communication, and user comfort. These challenges are examined in greater depth 

in Section 1.3.1.  

1.3.1  Challenges in the Device Development 

The existing research and commercial solutions for continuous physiological pressure 

monitoring exhibit several challenges. One major challenge is the acute invasiveness of 

traditional measurement methods, such as the auscultatory method for blood pressure 

measurement, which can be uncomfortable and lead to complications. Additionally, 

invasive procedures for measuring intracranial pressure can pose risks of infection and 

other complications. Sensors need to be biocompatible, durable, and provide accurate 

and precise measurements over time. However, current sensor designs lack the desired 

performance parameters for long-term continuous pressure monitoring. Therefore, 

sensor design and performance present another significant challenge. Power 

management and communication are crucial for continuous monitoring systems, 

requiring efficient power sources and wireless communication protocols. 

Biocompatibility requirement also poses a major challenge, as implantable devices must 

be non-toxic and non-inflammatory. Calibrating the sensor response against the 

physiological parameter is also very important. Calibration ensures the accuracy of the 

results and overall system performance while meeting regulatory standards. Calibration 

poses difficulties, particularly in scenarios with rapidly varying physiological pressures. 

Wearability and user comfort are essential to ensure long-term compliance. The high 

cost of continuous monitoring systems limits their accessibility, particularly in resource-

constrained settings.  

Sensor Design and Performance: Pressure sensors used for physiological monitoring 

should exhibit long-term stability and reliability [62]. Continuous and prolonged use of 
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the sensor should not result in significant drift or degradation of its performance. 

Factors such as material aging, mechanical wear, and exposure to body fluids can impact 

the long-term stability of the sensor. Robust sensor designs, proper encapsulation, and 

suitable packaging techniques are employed to enhance long-term stability and 

reliability. Developing sensors capable of accurately and reliably measuring 

physiological pressure over extended periods is a significant technical challenge. The 

sensors must be durable and capable of providing accurate and precise measurements 

even under various physiological conditions. In recent advancements, researchers have 

reported pressure sensors for ICP, IOP, Blood pressure, and bladder pressure 

monitoring; however, the performance parameter (sensitivity, linear operation range, 

life of the sensor, size of the sensors, stability over time) of these sensors are not 

promising for long term continuous pressure monitoring.  

Biocompatibility:  One of the most significant challenges in designing implantable 

pressure sensors is ensuring the device is biocompatible [63]. Implantable devices are 

in direct contact with the body's tissues, fluids, and cells, and therefore, it is essential 

that the materials used in the construction of the sensor are non-toxic, non-

inflammatory, and do not trigger an immune response. Biocompatibility testing is 

crucial to ensure that the device does not cause any adverse reactions or harm to the 

body. 

Invasiveness: One of the biggest challenges is the invasiveness of many traditional 

methods for measuring these parameters. For example, in the conventional method of 

continuous blood pressure monitoring, a small catheter is inserted into the vascular 

system through a peripheral artery connected with external electronics, which can be 

uncomfortable for the patient and lead to complications such as artery injury and 

infections. Similarly, traditional methods for measuring intracranial pressure, such as 

inserting a pressure-sensing device through the skull, can also be invasive and lead to 

complications such as infection [62]. 

Sensor Validation: Sensor validation in the in vivo environment poses a significant 

challenge. It requires overcoming various complexities, such as ensuring proper 

placement and functionality of the sensor, dealing with biological variations and 

physiological responses, and managing potential interferences or signal artifacts. The 

challenges related to in vivo sensor validation necessitate extensive expertise, resources, 
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and time to overcome, making it a crucial aspect of sensor development and validation 

processes. 

Power Management and Communication: Continuous monitoring requires a 

reliable power source for the monitoring system. Efficient power management is 

essential to ensure long-term operation without frequent battery replacements or 

recharging. Therefore, providing a power source for an implantable pressure-sensing 

device is also a significant challenge [64], [65]. Power-efficient designs are essential to 

prolong battery life or minimize the need for frequent recharging. This involves 

optimizing sensor readout circuits, implementing low-power signal processing 

algorithms, and exploring energy-efficient wireless communication protocols.  

Battery-free or wirelessly powered implantable devices are more desirable for long-term 

pressure monitoring. Researchers have reported battery-free and telemetric wireless 

implantable pressure solutions for biomedical applications. However, delivering 

wireless power and communication signals to implantable sensors becomes more 

challenging in deep tissue environments [66].  

Wearability and User Comfort: Wearable devices for pressure monitoring should be 

comfortable for long-term use and not interfere with the user's daily activities. The gold 

standard method for BP monitoring uses a brachial sphygmomanometer, which is 

occlusive and causes a lot of discomfort for the user. Achieving a balance between 

sensor size, weight, and user comfort is crucial to ensure user compliance and minimize 

any adverse effects caused by the wearable device. 

To address these challenges, an improved pressure monitoring technology is required 

that can overcome the limitations of current approaches. This technology should offer 

superior accuracy and reliability, ensuring precise measurements of physiological 

pressures over extended periods. Moreover, it should minimize invasiveness by utilizing 

non-invasive or minimally invasive techniques, reducing patient discomfort and 

potential complications. Additionally, the new technology should eliminate the need for 

tethered connections, providing wireless or non-restrictive solutions that allow patients 

to move freely and engage in routine activities without hindrance. This enhanced user 

comfort and mobility will promote better patient compliance and adherence to long-

term monitoring protocols. This innovation opens new possibilities for long-term blood 

pressure monitoring, enabling personalized therapy and improving healthcare 

outcomes. 
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1.4 Objectives 

The objectives of this thesis are designed to consider the gaps in the available literature 

and mitigate the challenges mentioned earlier. The thesis objectives are as follows: 

1. Review the existing literature on the different physiological pressures, the 

importance of continuous physiological pressure monitoring, state-of-the-art 

sensing technologies, and implantable and wearable solutions for pressure 

monitoring to discover the research gap in the existing solutions for continuous 

blood pressure monitoring. 

2. Perform a clinical validation study using the existing wearable solutions for 

blood pressure monitoring to investigate their accuracy, comfortability, 

feasibility, and possibility for long-term monitoring. 

3. Design and fabricate a sensor for wearable applications, particularly pressure 

monitoring in compression therapy, and further optimize the fabrication 

process to achieve a more reliable and well-integrated pressure sensor with 

better performance for implantable applications.   

4. Develop a setup for sensor testing and characterization using a pressure 

chamber and off-the-shelf components to closely replicate the pressure profiles 

that the sensor will experience during in vivo validation.  

5. Investigate and characterize the sensor response in different ex vivo 

environments to address the issues related to wireless power and 

communication in tissue environments. These in vitro and ex vivo validations will 

mitigate the reasons for failure during in vivo validation.  

6. Design, fabricate, and validate a numerical model for a novel planar inductor 

that provides a wider coverage area over the artery and allows easy folding, 

making it suitable for subcutaneous delivery without invasive implantation 

procedures.  

7. Perform a comprehensive preclinical validation study to assess the efficacy and 

safety of the novel pressure sensor developed in this research.   

The challenges related to degradation in sensor performance parameters such as 

sensitivity, linearity, operational range, accuracy, and reliability can be solved using a 

better sensor design, optimized fabrication technique, and the best available materials 

in sensor fabrication. A click chemistry technique can be used to chemically 

functionalize and bond the different material layers of the sensor to achieve a reliable 

and well-integrated pressure sensor without degradation in the sensor performance.   



 

10 

 

The challenges associated with sensor validation in the in vivo environment can be 

addressed through comprehensive testing and characterization in different in vitro and 

ex vivo environments before conducting in vivo validation. Using in vitro and ex vivo 

environments that closely replicate the pressure profiles experienced by the sensor in 

the in vivo setting can be instrumental in overcoming these challenges. In vitro 

environments can be created using readily available components and customized 

pressure chambers to generate pressure profiles that closely resemble physiological 

pressures. 

Additionally, performing ex vivo experiments in tissue environments resembling the in 

vivo conditions can help optimize the sensor's wireless communication and power 

capabilities, which is a significant challenge for implantable devices. One approach to 

improving wireless linkage involves incorporating an external repeater coil between the 

sensor and the reader coils. By extensively testing and characterizing sensors in these 

controlled environments, we can gain crucial knowledge about sensor behavior, 

performance, and wireless communication, reducing the uncertainties associated with 

in vivo validation.  

The invasiveness of the physiological pressure measurement method is also a big 

challenge that can be addressed using a minimally invasive pressure sensor approach. A 

flexible pressure sensor can be developed and injected into the body using a 

subcutaneous injection without a complex surgical procedure. For this subcutaneous 

injection, the sensor should be foldable in minor dimensions. Therefore, the 

symmetrical shaped sensor should be optimized to semi-symmetrical shapes such as 

elliptical shape. In this way, the sensor can be folded in compact size by folding up 

along the major axis. This oval sensor will cover more area over the artery, improving 

the sensor's performance.  

Ensuring biocompatibility is also a big challenge for implantable sensors, and it can be 

enhanced by utilizing biocompatible materials during the sensor fabrication process. If 

any sensor component lacks biocompatibility, applying a biocompatible coating can be 

a viable solution for encapsulation. For acute in vivo studies, polydimethylsiloxane 

(PDMS) can be an effective encapsulation material, providing waterproofing and 

biocompatibility to the sensor. 

The challenge of wearability and user comfort is increasingly significant in continuous 

physiological pressure monitoring. This challenge can be addressed by designing the 
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wearable component of the device in a manner similar to a wristwatch, which is widely 

accepted and has minimal adverse effects on the user's daily life. Additionally, the device 

should be able to record continuous pressure measurements over the long term without 

requiring user input. This enables recording the user's pressure profile during routine 

activities and even while sleeping. 

1.5 Thesis Contributions 

This PhD is focused on translational research and tech innovation with the 

development of pressure sensors as a core part. The aim is to address the challenges 

mentioned earlier and propose a feasible solution for continuous pressure monitoring. 

The specific novel contributions of this thesis are summarized and listed below: 

1. The literature on the different physiological pressures, the importance of 

continuous physiological pressure monitoring, state-of-the-art sensing 

technologies, and implantable and wearable solutions for pressure monitoring were 

reviewed to discover the research gap in the existing solutions for continuous blood 

pressure monitoring (Objective 1). This literature review contributes to the 

advancement of knowledge in these key aspects listed below;    

¶ The importance of continuous physiological pressure monitoring 

¶ The state-of-the-art pressure sensing technologies 

¶ The recent advancements in wearable and implantable pressure sensors 

¶ The gaps in the existing research solution, specifically in long-term continuous 

blood pressure monitoring 

2. Performance evaluation of the existing wearable solutions for blood pressure 

monitoring through clinical validation study. This study concludes that these 

wearable solutions are not suitable due to their lack of accuracy, discomfort to 

patients, lack of feasibility, and the possibility of long-term monitoring (Objective 

2). 

Publication: Mattia Lunardi, Farooq Muhammad, Atif Shahzad, Asma Nadeem, 

Lisa Combe, Andrew Simpkin, Faisal Sharif, William William Wijns, and John 

McEvoy. òPerformance of wearable watch-type home blood pressure 

measurement devices in a real-world clinical sample.ó (under journalõs peer review) 
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3. The design and fabrication of wireless pressure sensors using a cost-effective 

fabrication methodology for wearable applications, particularly pressure 

monitoring in compression therapy (Objective 3).   

Publications: Farooq, Muhammad, Talha Iqbal, Patricia Vazquez, Nazar Farid, 

Sudhin Thampi, William Wijns, and Atif Shahzad. "Thin-film flexible wireless 

pressure sensor for continuous pressure monitoring in medical applications." 

Sensors 20, no. 22 (2020): 6653. 

4. The optimization of the fabrication process to achieve a more reliable and well-

integrated pressure sensor suitable for implantable applications (Objective 3). 

Publications: Farooq, Muhammad, Bilal Amin, Adnan Elahi, William Wijns, 

and Atif Shahzad. "An optimized methodology to achieve irreversible bonding 

between PDMS and polyimides for biomedical sensors." Engineering 

Proceedings 27, no. 1 (2022): 14. 

5. A preclinical bench model was developed using a customized pressure chamber, 

pneumatic pressure pump, and a customized control system constructed from off-

the-shelf components for the preclinical validation of physiological pressure 

sensors. This model provides customizable pressure wave simulation to suit 

various applications. This preclinical bench model contributes to the testing and 

characterizing facility for the pressure sensors during the development stage 

(Objective 4).  

Publication: Farooq, Muhammad, Muhammad Riaz Ur Rehman, Patricia 

Vazquez, William Wijns, Atif Shahzad, Marcin J. KraƑny. " Open-Source Controller 

for Dynamic Cardiovascular Models" in HardwareX (under journalõs peer review). 

6. The planar inductor primarily determines the overall geometry of the sensor. 

However, the wider geometry of conventional inductors made it challenging to fold 

the sensor into smaller dimensions for implantation. A novel planar inductor with 

an elliptical shape was developed and fabricated to address this limitation.  

¶ The development and validation of the numerical model for elliptical planar 

inductor. 

¶ The sensor designed using this elliptical planar inductor can cover more area 

over the artery and provide better performance. 

¶ The elliptical sensor can be easily folded along the major axis into compact 

dimensions, making it suitable for subcutaneous delivery.  
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This contribution represents a significant advancement in sensor design for 

implantable devices, enhancing their functionality and adaptability for improved 

biomedical applications (Objective 6).  

Publication: Farooq, Muhammad, Bilal Amin, Adnan Elahi, William Wijns, and 

Atif Shahzad. "Planar elliptical inductor design for wireless implantable medical 

devices." Bioengineering 10, no. 2 (2023): 151. 

7. An ex vivo investigative study was conducted to explore the wireless connectivity 

between the LC sensor and the external reader coil in the presence of various tissue 

layers (Objective 5). The findings of this study contribute to the advancement of 

wireless communication capabilities for biomedical implants by increasing the 

wireless linkage distance. 

Publication: Farooq, Muhammad, Bilal Amin, Marcin J. KraƑny, Adnan Elahi, 

Muhammad Riaz Ur Rehman, William Wijns, and Atif Shahzad. "An ex vivo study 

of wireless linkage distance between implantable LC resonance sensor and external 

readout coil." Sensors 22, no. 21 (2022): 8402. 

8. A comprehensive preclinical validation study was performed to assess the efficacy 

and safety of the novel pressure sensor developed in this research (Objective 7). 

The main contributions of this work are listed below; 

¶ The experimental study was designed to validate the efficacy and safety through 

the sheep model. 

¶ The validation of the efficacy and safety of the developed sensor in animal 

model. 

¶ The development of an in-house data acquisition system (software and 

hardware). 

¶ The post-processing of the recorded data using MATLAB. 

¶ The quantitative analysis for performance evaluation of the sensor data with 

reference device data.  

¶ The biological evaluation of the implantation site for biocompatibility.  

The findings of this study serve as a critical step toward advancing the field of 

biomedical sensing and enhancing the accuracy and reliability of blood pressure 

monitoring techniques. 

Publication: Farooq, Muhammad, Marcin J. KraƑny, Bilal Amin, Atif Shahzad, 

and William Wijns. òPreclinical validation of a fully implantable novel elliptical-
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shaped LC wireless pressure sensor for continuous in vivo blood pressure 

measurements.ó (under review)  

1.5.1 Publications and Invention Discloser Form (IDF) 

There are seven (7) deliverables of this PhD research project (6 journal papers and 1 

IDF), excluding the thesis, as listed below: 

[1] Mattia Lunardi, Farooq Muhammad, Atif Shahzad, Asma Nadeem, Lisa Combe, 

Andrew Simpkin, Faisal Sharif, William William Wijns, and John McEvoy. 

òPerformance of wearable watch-type home blood pressure measurement devices in a 

real-world clinical sampleó (under journalõs peer review). 

[2] Farooq, Muhammad, Talha Iqbal, Patricia Vazquez, Nazar Farid, Sudhin Thampi, 

William Wijns, and Atif Shahzad. "Thin-film flexible wireless pressure sensor for 

continuous pressure monitoring in medical applications." Sensors 20, no. 22 (2020): 

6653. 

[3] Farooq, Muhammad, Bilal Amin, Adnan Elahi, William Wijns, and Atif Shahzad. 

"An optimized methodology to achieve irreversible bonding between PDMS and 

polyimides for biomedical sensors." Engineering Proceedings 27, no. 1 (2022): 14. 

[4] Farooq, Muhammad, Muhammad Riaz Ur Rehman, Patricia Vazquez, William 

Wijns, Atif Shahzad, Marcin J. KraƑny. "Open-Source Controller for Dynamic 

Cardiovascular Models" in HardwareX (under journalõs peer review). 

[5] Farooq, Muhammad, Bilal Amin, Adnan Elahi, William Wijns, and Atif Shahzad. 

"Planar elliptical inductor design for wireless implantable medical devices." 

Bioengineering 10, no. 2 (2023): 151. 

[6] Farooq, Muhammad, Bilal Amin, Marcin J. KraƑny, Adnan Elahi, Muhammad Riaz 

Ur Rehman, William Wijns, and Atif Shahzad. "An ex vivo study of wireless linkage 

distance between implantable LC resonance sensor and external readout coil." Sensors 

22, no. 21 (2022): 8402. 

[7] Farooq, Muhammad, Marcin J. KraƑny, Bilal Amin, Atif Shahzad, and William 

Wijns. òPreclinical validation of a fully implantable novel elliptical-shaped LC wireless 

pressure sensor for continuous in vivo blood pressure measurementsó (under internal 

review). 
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[8] Farooq, Muhammad, William Wijns, and Atif Shahzad. òSubcutaneously 

implantable wireless blood pressure sensor and external readout systemó IDF submitted 

to University of Galway, Ireland.  

1.6 Thesis Organization 

The rest of the thesis is organized as follows: Chapter 2 describes the background of 

physiological pressure monitoring, the clinical need for continuous long-term 

physiological pressure monitoring, wearable and implantable solutions, the most 

commonly used pressure sensing mechanism, and existing research solutions for 

physiological pressure monitoring in the biomedical field. This chapter concludes with 

a discussion on the gaps identified after the literature survey toward the need for an 

accurate, continuous, and subcutaneous solution for physiological pressure, specifically 

for blood pressure monitoring. Chapter 3 mainly focuses on hypothesis validation 

through a clinical study to validate the performance of existing wearable solutions for 

blood pressure monitoring. Chapter 3 presents the descriptive and statistical analysis of 

clinical study data to show the validity and usability of these wearable existing solutions 

for BP monitoring. Chapters 4 and 5 describe the design and development of wearable 

and implantable wireless pressure sensors for continuous pressure monitoring in 

biomedical applications. Chapter 6 presents the development of a preclinical bench 

model for accurate sensor characterization and validation using off-the-shelf 

components. This chapter explains how this customized pressure chamber can be used 

to replicate pressure profiles similar to human blood pressure profiles in vitro settings. 

As stated in the earlier section, the planar inductor dictates the shape of the sensors; 

therefore, Chapter 7 describes the shape optimization of the planar inductor to fit the 

proposed application best. Chapter 7 explains the development of a numerical model 

for the novel elliptical inductors. Chapter 8 presents an investigative study of the 

wireless linkage distance between the developed sensor and external readout coil in the 

ovine and porcine tissue environments. Chapter 8 also explains the effect of the repeater 

coil on the signal quality when placed between the sensor and the readout coil. Chapter 

9 of this thesis presents the validation of the efficacy and safety of the developed sensors 

through an in vivo experiment on a sheep model. Lastly, Chapter 10 provides the 

conclusion of the continuous blood pressure monitoring solution developed in this 

research and the future directions.    
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Chapter 2  
Background 
This chapter provides a comprehensive review of the diverse physiological pressures 

within the human body, highlighting the significance and advantages of continuous 

monitoring of key parameters like blood pressure, intraocular pressure, and intracranial 

pressure over an extended period. The primary focus of this chapter is to critically 

evaluate the existing solutions for physiological pressure monitoring while addressing 

key challenges in this domain. 

Firstly, a detailed overview of essential design and performance parameters required for 

the development of pressure sensors for continuous monitoring is presented. Next, 

Section 2.2 is related to the most commonly used sensing mechanisms in pressure 

sensing, while Section 2.3 explores the latest progress in wearable and implantable 

applications. Specifically, Section 2.3.6 concentrates on recent advancements in blood 

pressure monitoring, considering its vital role in cardiovascular health. 

Section 2.4 discusses key findings and limitations of current research work in 

physiological pressure monitoring, offering valuable insights for future developments. 

Finally, this chapter concludes with a proposal for a novel solution: a minimally invasive, 

non-occlusive continuous blood pressure sensor designed to enable long-term and 

uninterrupted physiological pressure monitoring. This literature review contributes to 

the advancement of knowledge in these key aspects listed below;    

¶ The importance of continuous physiological pressure monitoring. 

¶ State-of-the-art pressure sensing technologies. 

¶ Recent developments in wearable and implantable pressure sensors. 

¶ Identified gaps in current research, with a focus on long-term continuous blood 

pressure monitoring  
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2.1 A Review of Thin -Film Pressure Sensors for 

Physiological Applications 

AbstractñPhysiological signals, including heart rate, blood pressure, respiratory rate, 

intraocular pressure, intracranial pressure, and cardiovascular pressure, are important in 

maintaining human health and well-being. Continuous and long-term monitoring of 

these vital parameters offers a unique opportunity for early disease diagnosis and 

personalized therapeutic interventions, ultimately contributing to improved healthcare 

outcomes. Among the various technologies available for capturing these physiological 

signals, thin-film based pressure sensors have emerged as a prominent choice. These 

sensors have demonstrated exceptional potential in both wearable and implantable 

applications, driven by remarkable advancements in sensor technology. Depending on 

the sensing mechanism, pressure sensors can be classified into three main categories: 

piezoelectric, resistive, and capacitive technologies. Several critical factors must be 

considered when designing a pressure sensor, including sensitivity, linear operational 

range, response time, and sensor lifespan. By microstructuring the active layer can 

enhance sensitivity and response time, but it may compromise the linearity of the 

sensor's output. The primary objective of this comprehensive review is to provide a 

scientific summary of the existing flexible pressure sensing technologies, explain key 

fabrication processes and materials employed, and highlight significant research 

findings and physiological applications. By doing so, this review aims to offer valuable 

insights to researchers and engineers in selecting appropriate sensing mechanisms, 

sensor materials, and fabrication methodologies to develop tailored and effective 

flexible pressure sensors for a wide range of biomedical applications. Through an in-

depth literature survey, this review explores various physiological pressures, highlights 

the significance of continuous monitoring, evaluates state-of-the-art sensing 

technologies, and identifies potential research gaps in the existing solutions for 

continuous physiological pressure monitoring.  

KeywordsñThin-film, flexible sensors, wireless sensors, BP monitoring, implantable 

sensors, wearable sensors, physiological applications, resistive pressure sensor, 

capacitive pressure sensor, piezoelectric pressure sensor. 

2.2 Introduction  

Physiological signals generated by the human body provide an opportunity for disease 

diagnosis, therapy, and health care. Regular human activities evoke changes in 
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physiological signals like skin and body heat, heart rate, blood pressure, respiration rate, 

skin and muscle strain, and infrared radiation [67], [68]. In particular, body temperature 

and pressures such as intraocular, intracranial, and cardiovascular are key indicators for 

human health monitoring [69]. Additionally, electroencephalograph (EEG), 

electrocardiography (ECG), and electromyography (EMG) are widely used in human 

healthcare as they capture electrical signals of brain, heart, and muscle activities, 

respectively [70][71][72]. But these signals are captured with electrodes attached to 

human skin or organs through mechanical clamping, adhesive tape, or needle, and 

additionally, there are involved in some rigid circuits, e.g., power supplies and 

communication parts, which make them immobile and bulky. These EEG, ECG, and 

EMG systems are robust and reliable for clinical applications but present some 

important drawbacks for practical use. Their bulkiness, due to the need of additional 

rigid circuits, and the less than perfect adhesion of electrodes to the skin, impede the 

comfortability, mobility, and precision required for long term monitoring [73]. In the 

past few decades, the performance and miniaturization of integrated circuits have 

advanced drastically, but the mechanical design of wearable technology is still brittle, 

rigid, and bulky [31][74][75][76]. 

Along with electrograms, there are also available wearable and implantable systems that 

integrate different small physical sensors: temperature, pressure, strain, pH, optical, and 

electrodermal activity sensors. A physical sensor is òa device that detects a change in a 

physical stimulus, turning that change into a signal that can be measured or recorded 

[31]ó. These systems present a low stiffness factor, are lightweight, can be tailored to 

micro-thickness, and can be highly stretchable [76][40][77] and flexible 

[78][79][42][58][61], which makes them easily conformable to human skin to monitor 

health. Long-term, continuous physiological pressure monitoring is an important tool 

in the biomedical field, as it allows for the accurate and consistent measurement of 

pressure changes over extended periods. This type of monitoring is particularly useful 

in diagnosing and treating a wide range of medical conditions, including cardiovascular 

disease, eye disease, neurological disorders, lower limb rehabilitation, and wound 

complications. 

The monitoring of the intra-arterial pressure of patients with hypertension, the 

intraocular pressure of patients with glaucoma [11], and the bladder pressure of patients 

with neurogenic bladder dysfunction [12]. More frequent intraocular pressure (IOP) 

measurements are desirable not only for a better understanding of glaucoma, 
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characterized by an elevated IOP, but also for better management of individual patients 

[11]. Real-time, continuous bladder pressure information can be used to stimulate the 

sphincter muscles intelligently. This can be particularly useful for patients with 

neurogenic bladder dysfunction [12]. A shunt system currently used for hydrocephalus 

or traumatic brain injury treatment could be more effective with continuous intracranial 

pressure feedback. Currently, the most common methods for continuous pressure 

measurement are through a catheter-based system. These methods are often only 

suitable for short-term measurement since percutaneous connections through the skin 

present infection risks. Catheter-based systems prohibit the free movement of the 

subject and limit feasibility to clinical settings [62].  

High blood pressure (BP) is a major factor in cardiovascular disease [30]. Cardiovascular 

disease is a leading cause of death worldwide, and continuous blood pressure 

monitoring is an essential tool in its diagnosis and management. High blood pressure, 

or hypertension, is a major risk factor for several diseases, including cardiovascular 

disease and stroke [80], [81]. According to the World Health Organization (WHO), 

approximately more than 1 billion people worldwide have hypertension [82], and it is 

estimated that hypertension is responsible for 9.4 million deaths every year [83]. Long-

term, continuous blood pressure monitoring can provide valuable information about 

the patient's condition and help identify trends and patterns that may indicate the 

presence of hypertension or other cardiovascular conditions [13]. This type of 

monitoring can also be used to evaluate the effectiveness of treatment and to identify 

potential complications, such as heart failure [14]. 

Neurological disorders, such as brain injuries, are also an area where long-term, 

continuous pressure monitoring is essential. Continuous monitoring of intracranial 

pressure can provide valuable information about the patient's condition and help to 

identify trends and patterns that may indicate the presence of a brain injury [15]. This 

type of monitoring can also be used to evaluate the effectiveness of treatment and to 

identify potential complications, such as brain swelling. Intracranial pressure (ICP) is 

the pressure inside the skull, and it is an important indicator of the patient's 

hemodynamic status. An elevated ICP can lead to brain injury and is associated with 

poor outcomes in critically ill patients, such as those with traumatic brain injury, 

subarachnoid hemorrhage, and hydrocephalus [84]. The Centers for Disease Control 

and Prevention (CDC) estimates that in 2010, 2.5 million people sustained a traumatic 

brain injury [85], [86]. Traumatic brain injury is associated with increased ICP. ICP 
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monitoring is recommended for all patients with severe traumatic brain injury. 

Implantable pressure sensors can be used to monitor ICP in critically ill patients and 

provide a more accurate and continuous measurement of ICP compared to traditional 

methods [87]ð[89].  

Intraocular pressure is the pressure inside the eye, and it is an important indicator of 

the patient's eye health [6]. Elevated IOP can lead to glaucoma and other eye diseases. 

Elevated intraocular pressure is a major risk factor for the development and progression 

of glaucoma, a group of eye diseases that can lead to irreversible vision loss. According 

to the WHO, glaucoma is the second leading cause of blindness worldwide, affecting 

an estimated 80 million people [90], [91]. It is estimated that approximately 10% of all 

cases of blindness are attributable to glaucoma. Given the significant burden of 

glaucoma on global vision health, reducing IOP through early detection and 

management remains a critical part of maintaining eye health. Implantable pressure 

sensors can monitor IOP in patients with glaucoma and other eye diseases. They 

provide a more accurate and continuous measurement of IOP compared to traditional 

methods and are useful in identifying patients at risk of developing elevated IOP and in 

guiding therapy [11], [92], [93].  

Plantar pressure is the pressure exerted on the sole from the feet, and it is an important 

indicator of the patient's foot health and can be used to identify patients at risk of foot 

injuries and other foot disorders [16]. Wearable plantar pressure sensors have been 

developed to enable convenient and continuous monitoring of plantar pressure, 

representing an innovative solution in the field. These wearable sensors offer real-time 

and precise measurement of plantar pressure dynamics, allowing for early identification 

of high-risk patients and guiding targeted therapeutic interventions [94], [95]. Wound 

pressure, on the other hand, refers to the pressure exerted on a wound and plays a 

critical role in evaluating wound healing progress and identifying patients susceptible to 

wound complications [17]. Wearable wound pressure sensors have been introduced to 

enhance the monitoring of wound pressure seamlessly and continuously. These sensors 

enable the accurate and real-time assessment of pressure dynamics within the wound 

area. By leveraging this technology, healthcare professionals can proactively identify 

patients at risk of wound complications and implement timely interventions to facilitate 

optimal wound healing outcomes [96].  
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Recent advancements in sensing technology have paved the way for the development 

of sophisticated long-term pressure monitoring devices that are compact, lightweight, 

and user-friendly [1]ð[3]. These state-of-the-art devices offer accurate and consistent 

pressure readings over extended durations, making them indispensable tools in clinical 

and research settings [5]. Long-term, continuous pressure monitoring plays a pivotal 

role in the field of biomedicine, enabling precise and reliable measurement of pressure 

variations over prolonged periods [6], [7]. These devices encompass implantable and 

wearable sensors tailored to specific biomedical applications [1], [8], [9], considering 

factors such as size, biocompatibility, and sensing principles. 

The emergence of implantable and wearable pressure sensors holds transformative 

potential in revolutionizing medical monitoring and therapeutic interventions [10], as 

illustrated in Figure 2.1. In comparison to traditional methods, these sensors can 

provide continuous monitoring of pressure, thereby facilitating the identification of 

high-risk patients and guiding targeted treatment strategies.  

 

 

 

Intracranial pressure Intraocular pressure Bladder pressure 

   

Respiratory signal Blood pressure 
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Wound pressure Compression pressure Plantar pressure 

Figure 2.1 Physiological pressure monitoring in human health care (Intraocular pressure [27], 
Blood pressure [97], Bladder pressure, Intracranial pressure [98], Compression therapy [99], 
Respiratory signal [100], [101], Wound pressure [41]) 

The scientific community has witnessed a significant surge in research endeavors 

exploring the diverse applications of implantable and wearable pressure sensors across 

various medical disciplines [10], [17]. Wearable pressure sensors, for instance, possess 

the remarkable ability to conform to the body's contours, enabling pressure 

measurements even during movement. Moreover, their seamless integration into 

garments, bandages, and other wearable devices offers a convenient and uninterrupted 

means of pressure monitoring. Notably, wearable pressure sensors have demonstrated 

utility in monitoring blood pressure, plantar pressure, and wound pressure [17], [94], 

[102], [103]. Furthermore, the ongoing development of flexible and stretchable pressure 

sensors holds promise for enhancing user convenience and overall functionality. 

On the other hand, implantable pressure sensors represent devices specifically designed 

for internal placement within the body. They have proven invaluable in monitoring 

critical parameters such as intracranial pressure [89], intraocular pressure [92], 

cardiovascular pressure [30], [104], and bladder pressure [105]. Implantable sensors 

excel in long-term monitoring scenarios and can deliver reasonable accuracy and 

continuous pressure measurements compared to conventional methodologies. 

However, designing implantable pressure sensors presents a difficult challenge, as they 

must exhibit dimensions conducive to minimally invasive procedures, maintain a 

lightweight profile to prevent tissue damage, and effectively mitigate the risk of 

infection [62]. Integrating these cutting-edge pressure-sensing technologies into the 

medical landscape holds tremendous promise for advancing patient care, enhancing 

diagnostic capabilities, and optimizing treatment outcomes. By enabling precise and 

continuous pressure monitoring, these devices can potentially transform the field of 
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biomedicine, facilitating proactive interventions and personalized healthcare 

approaches. 

2.3 Challenges in Acquiring Physiological Signal 

Monitoring  

Monitoring key physiological pressure parameters, such as blood pressure, intracranial 

pressure, and pressure in the lungs and other organs, is essential for diagnosing and 

treating various diseases. However, several clinical problems can arise when attempting 

to monitor these parameters [22], [62], [106], [107]. 

2.3.1 Invasiveness 

Invasiveness is one of the major challenges associated with numerous conventional 

techniques used to measure these parameters. For example, the conventional approach 

to continuous blood pressure monitoring is where a small catheter is injected into the 

vascular system through a peripheral artery and linked to external electronics. This 

procedure can cause discomfort for patients and may result in complications, including 

artery injuries and infections. Similarly, conventional methods for assessing intracranial 

pressure, involving the insertion of pressure-sensing devices through the skull, can also 

be invasive and carry the risk of complications, notably infections [62]. 

2.3.2 Long-term Stability and Reliability  

Pressure sensors used for physiological monitoring should exhibit long-term stability 

and reliability [62]. Continuous and prolonged use of the sensor should not result in 

significant drift or degradation of its performance. Factors such as material aging, 

mechanical wear, and exposure to body fluids can impact the sensor's long-term 

stability. Robust sensor designs, proper encapsulation, and suitable packaging 

techniques are employed to enhance long-term stability and reliability. 

2.3.3 Accuracy 

Another problem is the accuracy and reliability of many traditional methods for 

measuring these parameters [107]. For example, the auscultatory method for measuring 

blood pressure can be affected by several factors, such as the skill of the practitioner, 

which can lead to inaccurate or inconsistent readings. Similarly, traditional methods for 

measuring intracranial pressure can be affected by factors such as the position of the 

patient and the movement of the patient's brain, which can lead to inaccurate readings. 
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2.3.4 Biocompatibility 

One of the most significant challenges in designing implantable pressure sensors is 

ensuring the device is biocompatible [63]. Implantable devices are in direct contact with 

the body's tissues, fluids, and cells, and therefore, it is essential that the materials used 

in the construction of the sensor are non-toxic, non-inflammatory, and do not trigger 

an immune response. Biocompatibility testing is crucial to ensure that the device does 

not cause any adverse reactions or harm to the body. 

2.3.5 Calibration 

Calibration is another big challenge for a pressure-sensing device. It is difficult to 

achieve simultaneous measurements from the test and reference devices, especially 

when the physiological pressure varies rapidly. Calibration is the process of adjusting 

the sensor's output to match the actual pressure. Calibration is important for accurate 

pressure readings and should be simple, repeatable, and provide accurate results. 

Calibration becomes more challenging when the sensor response is nonlinear and 

difficult to mathematically model [108]. 

2.3.6 Power Sources 

Implantable pressure sensors require a power source to function, and this power source 

must be small and lightweight enough to be implanted in the body. Additionally, the 

device must be designed to minimize the risk of infection and to be as comfortable as 

possible for the patient. Therefore, providing a power source for an implantable 

pressure-sensing device is also a big challenge [64], [65]. Power-efficient designs are 

essential to prolong battery life or minimize the need for frequent recharging. This 

involves optimizing sensor readout circuits, implementing low-power signal processing 

algorithms, and exploring energy-efficient wireless communication protocols. 

2.3.7 Regulatory and Safety Concerns 

In addition to these challenges, several regulatory and safety concerns must be 

considered when designing implantable pressure sensors. These devices are considered 

medical devices and must be approved by regulatory bodies such as the FDA or the 

EU's Medical Device Regulation. This means that the device must be designed and 

tested to meet strict safety and performance standards. Additionally, the device must be 

manufactured in a cleanroom environment to ensure that it is free of contaminants and 

must be sterilized before use. 
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Addressing these challenges requires a multi-disciplinary approach involving engineers, 

materials scientists, medical experts, and regulatory agencies working together to create 

a safe, effective, practical, and compliant device for use in the human body. However, 

to overcome some of the earlier reported challenges, active or passive pressure sensors 

can be used. The choice between active and passive sensors depends on the biomedical 

application (wearable or implantable), such as size, accuracy, cost, and ease of 

manufacturing and use. Active pressure sensors are devices that require a power source 

to operate [109]. They typically use a piezoresistive or piezoelectric element to measure 

pressure and are known for their high accuracy and stability. On the other hand, passive 

pressure sensors do not require a power source to operate. They typically use a 

capacitive or optical element to measure pressure and are known for their low cost and 

wide range of applications. Active pressure sensors have the advantage of high accuracy 

and stability, and passive sensors have the advantage of being low-cost and easy to use 

[109], [110].  

2.4 Pressure Sensing Mechanism 

Piezoelectric, resistive, and capacitive pressure sensing mechanisms are commonly 

employed in various applications for accurate and reliable pressure measurement. 

Piezoelectric pressure sensing operates based on the piezoelectric effect, where certain 

materials generate an electric charge in response to mechanical stress. Resistive pressure 

sensing relies on changes in electrical resistance to determine pressure levels. Capacitive 

pressure sensing involves the variation of capacitance due to changes in pressure. 

Piezoelectric, resistive, and capacitive pressure sensors are commonly employed in 

medical devices, consumer electronics, and environmental monitoring [43], [73], [109].  

2.4.1 Piezoelectric Pressure Sensing Mechanism 

Piezoelectric pressure sensors are a type of pressure sensor that uses the piezoelectric 

effect to measure pressure. Piezoelectric sensors consist of a piezoelectric material.  

When a piezoelectric material undergoes mechanical stress, a voltage across the sensor 

is generated [3], [111]. Thus, a piezoelectric sensor produces electricity in response to a 

change in pressure, as shown in Figure 2.2. Lead zirconate titanate (PZT) is the most 

common piezoelectric material, but it is brittle. To tackle this, flexible nanogenerators 

have been developed recently using nanowires, which are made of thin ribbons of PZT, 

polyvinylidene fluoride (PVDF), and zinc oxide (ZnO) [74][112]. Piezoelectric sensors 
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have been widely used in human healthcare to monitor respiration rate, heart rate, blood 

pulse, muscle stress, and body temperature. 

 

Figure 2.2 Piezoelectric pressure sensing mechanism (P1>P0)[113] 

In biomedical applications, piezoelectric pressure sensors are used in catheter 

applications and epidermal arterial pulse monitoring [114]ð[116]. They are highly 

accurate, reliable, and have a fast response time, making them suitable for critical 

medical applications. Other important design considerations for piezoelectric pressure 

sensors in biomedical applications include the size and shape of the sensor, its durability 

and biocompatibility, and its electrical properties. For example, the size of the sensor 

must be small enough to be inserted into the body without causing discomfort or harm, 

and the materials used must be biocompatible and able to withstand the harsh 

environments found within the body. 

2.4.2 Resistive Pressure Sensing Mechanism  

The working principle of resistive pressure sensors is based on the resistance change of 

a material under pressure. When pressure is applied to the sensor, it causes a change in 

the shape of the diaphragm, which in turn results in a change in the resistance of the 

material. This active layer, shown in blue in Figure 2.3, becomes in close contact with 

conductive particles (sometimes nanowires), and resistance decreases with applied 

pressure. This change in resistance is proportional to the applied pressure, allowing for 

the measurement of the pressure. 
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Figure 2.3 Resistive pressure sensing mechanism (P1>P0) [113] 

A common material used for the diaphragm in resistive pressure sensors is a metal, such 

as stainless steel or copper, due to its high electrical conductivity and high resistance to 

deformation under pressure. Other commonly used materials include polymers, 

polyvinyl chloride or polyethylene, and ceramic materials. The choice of material 

depends on the specific application requirements, such as the pressure range, 

temperature range, and environmental conditions. 

The basic design of a resistive pressure sensor includes a flexible diaphragm that is 

positioned between two electrodes. The diaphragm is in contact with the pressure 

source and deforms under pressure, causing a change in the resistance between the 

electrodes. The electrodes are connected to a Wheatstone bridge, which measures the 

resistance between the electrodes and converts it into a pressure reading. The electrical 

circuit is typically designed to provide a linear output signal, meaning that the output 

voltage or current is proportional to the applied pressure. 

The key design parameters of resistive pressure sensors include sensitivity, linearity, 

resolution, accuracy, and stability. Sensitivity refers to the ability of the sensor to detect 

changes in pressure, while linearity refers to the ability of the sensor to accurately reflect 

the pressure linearly. Resolution refers to the smallest change in pressure that can be 

detected by the sensor, while accuracy refers to the deviation of the actual pressure 

measurement from the true value. Stability refers to the ability of the sensor to maintain 

its performance over time and under varying environmental conditions. 

To ensure accurate pressure measurements, it is important to consider other factors 

that can affect the accuracy of the resistance measurement, such as temperature 

variations and environmental factors such as humidity. To minimize the effect of these 
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factors, resistive pressure sensors are often temperature-compensated, packaged in a 

protective housing, and coated with a protective material, such as silicone or epoxy, to 

protect the sensor from the environment. Because of the simple structure of resistive 

pressure sensors, the fabrication techniques are easier and cheaper [40], [117], [118] so 

commonly used in electronic skin [40], [118], [119], industrial monitoring, human 

computer-interface, and biomedical applications [118], [119]. Resistive pressure sensors 

have high sensitivity in a low-pressure regime (<5 Ὧὖὥ) and sensitivity fall significantly 

when pressure > 5 Ὧὖὥ [67], [40], [120], [121]. 

2.4.3 Capacitive Pressure Sensing Mechanism 

Capacitive pressure sensors are devices used to measure pressure by utilizing the change 

in capacitance that occurs when pressure is applied to a capacitor. The capacitance of a 

capacitor is defined as the ratio of the electric charge stored on one plate of the capacitor 

to the voltage applied across the plates. When pressure is applied to a capacitive pressure 

sensor, it causes a change in the separation between the capacitor's plates, resulting in a 

change in the capacitance, as shown in Figure 2.4. This change in capacitance is 

proportional to the applied pressure, allowing for the measurement of the pressure [1], 

[10]. 

 

Figure 2.4 Capacitive pressure sensing mechanism (P1>P0) [113] 

The basic design of a capacitive pressure sensor includes two parallel metal plates, 

known as the capacitor plates, which are separated by a dielectric material, such as air 

or a polymer. The change in the separation between the plates due to pressure causes a 

change in the capacitance of the capacitor. The capacitor plates are connected to an 

electrical circuit, which measures the capacitance between the plates and converts it into 

a pressure reading. 
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Common materials used for the capacitor plates in capacitive pressure sensors include 

metals such as aluminum, stainless steel, copper, or gold. The choice of material 

depends on the specific application requirements, such as the pressure range, 

temperature range, and environmental conditions. The dielectric material is often a 

flexible polymer, such as Polydimethylsiloxane (PDMS) or any other elastomer, that can 

deform under pressure to allow for the measurement of small pressure changes. The 

sensitivity and linear operational range can be tuned by changing the material of the 

conductor and the dielectric layer. The sensitivity can also be enhanced by 

microstructuring the dielectric film instead of a flat film [78], [79], [121]. Capacitive 

pressure sensors are widely used for biomedical applications, especially for blood 

pressure monitoring. In many cases, this capacitive pressure sensing (C) element is 

connected with the inductor coil (L) to make it an LC resonant tank circuit that can be 

read and powered wirelessly [96].  

2.5 Key Performance and Design Parameters 

Designing a pressure sensor for biomedical applications requires careful consideration 

of several key factors to ensure accurate and reliable measurements. Some of the key 

design and performance factors are shown in Figure 2.5. 

2.5.1 Sensitivity 

Sensitivity is an important factor in determining the accuracy of the pressure readings. 

It is defined as the change in sensor response (resistance, capacitance, or voltage) per 

unit change in pressure. A high sensitivity means that a small change in pressure results 

in a large change in the sensor response, which can lead to improved accuracy. 

However, high sensitivity can also result in non-linearity, which can affect the accuracy 

of the readings.  
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Figure 2.5: Key performance and design parameters 

2.5.2 Linearity 

Linearity refers to the proportionality between the pressure applied to the sensor and 

the change in capacitance. A linear response is important for accurate pressure readings, 

and non-linearity can lead to errors in the readings. Linearity is often specified in terms 

of the maximum deviation from a straight line and is usually expressed as a percentage 

of the full-scale pressure range. 

2.5.3 Hysteresis and Response Time 

Hysteresis refers to the difference in the sensor output when the same pressure is 

applied in increasing and decreasing directions. High hysteresis can result in poor 

repeatability, which is a problem in biomedical applications where repeatability is 

important. Hysteresis is usually specified as a percentage of the full-scale pressure range. 

Hysteresis is also subjected to the response time of the sensor. The response time 

represents how fast sensor response varies with respect to the loading and unloading of 

the load (pressure). If the response time of a sensor is too slow, then the sensor will not 

be suitable for real-time physiological pressure, such as blood pressure and plantar 

pressure, as they vary quickly.  

2.5.4 Resolution 

Resolution is the smallest change in pressure that the sensor can detect. It is an 

important factor in determining the sensor's sensitivity and is typically expressed in kPa 
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or Pa. High resolution is desirable in biomedical applications, as it allows for accurate 

detection of small changes in pressure. High-resolution sensors are more suitable if the 

physiological pressure has smaller but sharp variation over time, such as a dicrotic notch 

and peak in blood pressure waveform.   

2.5.5 Accuracy 

Accuracy refers to the degree of agreement between the actual pressure and the readings 

from the sensor. Accuracy is usually specified as a percentage of the full-scale pressure 

range and is a crucial factor in determining the reliability of the readings in biomedical 

applications. Highly accurate sensors are very important to achieve a medical-grade 

physiological measurement.  

2.5.6 Life cycle and Stability 

Stability refers to the ability of the sensor to maintain its accuracy over time. This is 

important in biomedical applications where long-term monitoring is required. Stability 

is usually specified in terms of the maximum deviation from the initial accuracy over a 

specified period. The stability is also linked with the life cycle of the sensor. If the sensor 

response varies after 100 hours, then it means that sensor life is only suitable for N 

loading/ unloading cycles that occurred during this 100-hour duration. 

2.5.7 Dynamic Range 

Dynamic range refers to the range of pressure the sensor can measure. It is important 

to consider the dynamic range when selecting a sensor for a particular application, as 

the range must be sufficient to cover the expected range of pressures. The dynamic 

range is usually specified in terms of the minimum and maximum pressures that the 

sensor can measure. 

2.5.8 Size of the Sensor 

Another key design parameter in the design of implantable pressure sensors is the size 

and weight of the device. The sensor must be small enough to be placed in a minimally 

invasive procedure and lightweight enough to avoid causing any damage to the 

surrounding tissue. The device must also be designed to minimize the risk of infection 

and to be as comfortable as possible for the patient. 

In addition to these key design parameters, other factors to consider when selecting a 

pressure sensor for biomedical applications include operating temperature range, 
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frequency response, environmental protection, size and form factor, signal output, and 

cost. When selecting a pressure sensor for a particular application, these parameters 

should be considered to ensure it meets the required performance specifications. 

2.6 Recent Development in Pressure Sensing 

2.6.1 Bladder Pressure/Volume Monitoring 

Bladder pressure refers to the pressure within the bladder. Bladder pressure can be 

affected by various factors, including the volume of urine in the bladder, the strength 

of the bladder muscles, and the urinary tract condition [122]. The condition in which 

the bladder does not work properly and leads to urination problems is known as bladder 

dysfunction. Over 200 million people experience urinary dysfunctions, which include a 

wide range of symptoms such as overactive bladder, urine incontinence, and voiding 

dysfunction [123]. Bladder dysfunction is a complex and challenging issue that affects 

millions of people worldwide, particularly those who are elderly or have neurological 

disorders. The condition can cause significant discomfort and embarrassment and 

significantly impact the quality of life of those affected. Recent advances in medical 

technology have led to the development of monitoring systems that can measure 

bladder pressure and provide real-time feedback to clinicians. This information can be 

used to adjust the treatments as needed, providing more personalized and effective care 

for patients with bladder dysfunction [8], [12], [105].  

There are two main ways to measure bladder pressure. The first method involves 

implanting a sensor inside the bladder or the bladder wall to measure the bladder's intra-

pressure; however, this approach poses several challenges [9]. Firstly, the environment 

inside the bladder, including the presence of urine and the significant pressure changes 

during urination, creates a harsh environment for the sensor. Therefore, packaging the 

sensor to withstand these changes is a challenging task. Additionally, recording reliable 

pressure with such a sensor and transmitting the output signal outside the body are 

critical issues. Furthermore, implanting a sensor inside the bladder can be risky and 

requires significant skill and experience. The second method involves attaching a sensor 

to the surface of the bladder wall to measure the volume change of the bladder [8]. For 

example, a stick-shaped sensor attached to the bladder wall stretches together with the 

expanding bladder, providing the volume change of the bladder through the output 

change of the sensor [124]. However, the bladder is a 3-D object, and the rate of change 
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of the sensor varies depending on the direction in which the sensor is attached. 

Therefore, a small-sized stick-shaped sensor may not be enough to accurately measure 

overall bladder volume changes [125]. 

Several studies have been conducted on sensors that monitor bladder volume using 

various sensing methods. These methods include resistive, capacitive, and piezoelectric 

sensors. Each method has its advantages and disadvantages. Capacitive sensors are 

challenging to apply to a circuit since the output value is small depending on the strain 

[126]. Additionally, implanting a piezoelectric sensor inside the bladder wall is likely to 

damage the bladder wall muscle and is, therefore, limited in clinical applications. 

Furthermore, the output signal is generated only during the large mechanical 

movements of the target. However, resistive pressure sensors are suitable for bladder 

volume monitoring due to their simple mechanism and ease of application to a circuit. 

There has been more research on resistive-type sensors than the other types of sensors 

for bladder applications. However, improving sensor performance in terms of volume, 

length, and sensitivity and developing a proper monitoring system are still required for 

bladder applications. 

In 2019, Hannah et al. [8] developed a flexible and biocompatible using thin gold films 

on a polyurethane substrate to measure bladder stretch. The sensor showed good 

stability and linearity with very small hysteresis after being cycled between 0 and 50% 

strain and the largest deviation of about 19% after 100 cycles with a 6 mm long sensor. 

For ex vivo validation, the sensor was conformed to the outside wall of a pigõs bladder 

using a biocompatible hydrogel adhesive. The bladder was repeatedly filled and emptied 

to evaluate the sensorõs performance against different wall stretching of the bladder and 

to compute bladder volume noninvasively.  

In this study [126], researchers have developed a device composed of a strain sensor 

and electrical stimulator to control bladder function. The device was developed using a 

thin layer carbon nanotube (CNT) and Ecoflex 00ð50. There were developed 

piezoresistive and capacitive sensors, tested from 0 to 100% stretching, and showed a 

sensitivity of 350 Ohm and 2.1 pF percent strain, respectively. Both types demonstrated 

stability throughout 5000 stretching cycles under physiological conditions. The sensors 

were tested on feline bladders in vivo, and there was seen an average correlation of 0.9. 

Clausen et al. [9] have designed, fabricated, and measured outcomes of a diaphragm-

based single-crystal silicon sensor element sized 820 µm × 820 µm × 500 µm. The 
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sensor was piezoresistive with built-in biofouling proof for in vivo application. A 

sensitivity of approximately 20 mV/V was observed for a change in absolute pressure 

from 500 to 1500 mbar. In later research [127], these sensors were integrated into the 

catheter system, which was used and tested on a patient during cytometry for 17 hours. 

A minimally invasive suprapubic approach was used to implant a target sensor inside 

the urine bladder and a reference sensor outside the bladder wall. This research 

demonstrated that the developed system is safe and feasible for recording high-quality 

urinary bladder measurements for the long term.  

In this research [124], a strain sensor with good cyclic repeatability was developed using 

a composite material composed of gold-coated titanium dioxide nanowires embedded 

in a soft silicone elastomer. The implantable strain sensor is built on a resonant circuit, 

which includes a stretchable plate capacitor and an inductive coil for reading the 

resonance frequency. The sensor showed good stability during cyclic stability when kept 

under 5%, 20%, 50%, and 100% strain. The successful wireless readout was 

demonstrated during 50% strain cycles. An ex vivo experiment was performed on the 

porcine bladder to prove the concept of continuous wireless strain monitoring in a 

tissue environment using the newly developed materials. 

Kim et al. [128] reported a resistive bladder volume sensor with a novel ladder structure 

developed from a customized composite of polypyrrole and agarose hydrogel. Due to 

the unique design, the sensor provided a digital output when bladder volume reached 

the set threshold switch. A very small variation in the sensor response was seen when 

tested for 1000 stretch and relax cycles. After in vitro validation on the balloon, the 

developed sensor was attached to the porcine bladder for ex vivo validation, and this 

novel sensor was able to show the feasibility of monitoring the bladder volume.  

The study [125] presented the development of highly flexible and stretchable strain 

sensors for monitoring bladder activity using biocompatible materials. Ecoflex was used 

as a substrate material due to its high-stretchable and biocompatible properties, and 

CNT was utilized as the conducting material. The sensors' performance was evaluated 

by comparing the resistance characteristics of sensors with CNT and AuCNT 

composites when subjected to a strain change of up to 200%. The study also introduced 

a 3-channel strain sensor for monitoring bladder wall movement using AuCNT 

composites and an Arduino-based monitoring system. The researchers tested the 

sensor's performance with a balloon model and ex vivo bladder of pigs, demonstrating 
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its potential for closed-loop neuromodulation in bladder applications with an 

implantable neurostimulator.  

2.6.2 Pressure Monitoring in Rehabilitation 

Pressure monitoring has various applications in rehabilitation, ranging from injury 

prevention to assessing the effectiveness of rehabilitation programs. This technology 

has proved to be a valuable tool in understanding the human body's biomechanics and 

identifying areas of concern for rehabilitation and pressure [129]. One of the most 

common applications of pressure monitoring in rehabilitation is plantar pressure 

monitoring [95]. Foot pressure sensors can be used to assess the distribution of pressure 

under the foot while walking, running, or standing. This information can be used to 

diagnose and treat foot problems such as plantar fasciitis, metatarsalgia, and heel spurs. 

In addition, foot pressure monitoring can be used to design and evaluate orthotics and 

prosthetics. By assessing the pressure distribution under the foot, clinicians can design 

custom orthotics that provide the necessary support and cushioning to prevent further 

injury and promote healing [130]. 

Pressure monitoring can also be used to analyze gait, which is the pattern of movement 

when walking or running [130]. Gait analysis can be used to diagnose and treat gait 

abnormalities, such as overpronation, underpronation, and leg length discrepancies. By 

analyzing the pressure distribution under the foot during the gait cycle, clinicians can 

identify areas of concern and develop a treatment plan to correct the gait abnormality. 

Gait analysis can also be used to assess the effectiveness of rehabilitation programs. By 

comparing the pressure distribution under the foot before and after a rehabilitation 

program, clinicians can determine if the program was successful in correcting the gait 

abnormality [130], [131]. 

Lei et al. 2012 [117] reported a flexible capacitive pressure sensor for plantar pressure 

measurements. Different ratios of PDMS pre-polymer and curing agent were mixed to 

tune the elasticity to achieve optimal sensor sensitivity and linear operational range. The 

pressure regime for plantar measurements was up to 400 Ὧὖὥ [119], but the developed 

sensor was able to work from 0-945 Ὧὖὥ. The sensor was tested using a moving stage 

with a pressure gauge and capacitance meter. The sensitivity of the fabricated sensor 

was 6.8ϷȾὔ with a linear operation range between 0 and 945 Ὧὖὥ, while capacitance 

values were changing between 0.95 ὴὊ to 2.69 ὴὊ with no load to 945 Ὧὖὥ respectively. 
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In the research, Lou et al. [131] reported a flexible piezoresistive pressure sensor was 

developed using multilayer graphene films on polyester textiles. The deformation of the 

graphene conductive network structure and the resulting changes in resistance were 

responsible for the pressure response. The developed sensor showed a sensitivity of 

0.012 kPaĬ1 and worked up to 800 kPa pressure range with a 50 ms response time. A 

wireless in-shoe measurement system was developed to demonstrate the real-time 

dynamic pressure monitoring to acquire the plantar pressure distribution. The graphene 

pressure sensor has a broad dynamic range, flexibility, and comfort, making it useful for 

assessing footwear, analyzing clinical gait, and diagnosing pathological foot conditions. 

Gerlach et al. [132] reported a piezoresistive plantar pressure monitoring system to 

prevent ulcers. The sensor fabrication used a multi-walled carbon nanotube (MWCNT)-

polydimethylsiloxane (PDMS) composite. A sensor matrix made of the composite was 

printed to allow pressure distribution measurements. Six sensors were fabricated on the 

characteristic point of the insole to classify the healthy and unhealthy rollover patterns. 

This insole was further integrated into the shoe, and plantar pressure was measured 

during the walk time, which shows the potential of this monitoring system for gait 

analysis and plantar pressure monitoring.  

Tan et al. [43] developed a flexible textile piezoresistive sensor (TPRS) for plantar 

pressure measurements in this work. The TRPS was fabricated using a silver fabric 

electrode and a reduced graphene oxide (rGO) fabric electrode. The sensitivity of the 

TPRS was 3.96 kPaĬ1 when tested between 0-36 kPa. The sensor showed good stability 

of 1000 cycles with 170 ms of response time. An array of six TPRSs was developed on 

a flexible PCB and placed inside the insole to capture plantar pressure. The insole 

captures all TPRS sensors with precision, allowing the creation of time-pressure maps 

that represent gait phases and allow the analysis of the obtained data. 

Kaidarova et al. [133] developed a piezoresistive flexible pressure sensor using 3D 

porous graphene that exhibits a high resolution with a detection limit of 10 Pa and an 

extremely wide dynamic range of at least 20 MPa. The sensor showed a sensitivity of 

1.23 x 10-3 kPa and stability when tested for 15,000 cycles for greater than 100 hours. 

The biocompatibility of laser-induced graphene is also evaluated, showing no significant 

drop in viability. The developed sensors were tested on the radial artery and showed 

good pulsation. Five sensors were also placed under the human feet using nylon 
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stockings, plantar pressure was monitored, and gait analysis was performed on the 

recorded data. 

Parmar et al. [98] investigated the effectiveness of commercially available flexible 

resistive pressure sensors for monitoring compression therapy in this research. The 

sensors were tested through static and dynamic pressures against various pressure levels. 

The Peratech and Sensitronics sensors were suitable for dynamic compression 

treatment applications with an acceptable accuracy of 90%. The medium pressure level 

of 51.4 mmHg provided the most accurate sensor readings. The Peratech and Interlink 

sensors showed 95% accuracy in static and dynamic pressure settings. Sensors showed 

only 55% accuracy when tested for 30.5 mmHg. The results revealed variance in static 

and dynamic sensing capabilities, including accuracy and drift. 

2.6.3 Wound and Ulcer Monitoring 

Pressure monitoring plays a crucial role in wound monitoring, particularly in the 

assessment of chronic wounds that do not heal easily. Chronic wounds are a major 

health concern affecting millions worldwide, and their proper assessment and 

management are critical for successful wound healing [17], [134]. These wounds are 

typically characterized by their slow healing rate and the presence of bacterial biofilms, 

which can lead to chronic inflammation and tissue damage. In wound care, pressure 

monitoring is used to assess the level of compression and support provided by various 

dressings and bandages [96], [135]. This information is critical in choosing the right 

dressing or bandage for a particular wound. The correct choice of dressing or bandage 

can promote healing and prevent further tissue damage, whereas an improper choice 

can worsen the wound and prolong healing time. 

Another important application of pressure monitoring in wound care is the prevention 

of pressure ulcers. Pressure ulcers are a common complication in bedridden or 

immobilized patients, and they can be life-threatening if not treated properly. Pressure 

monitoring can be used to identify areas of high pressure that are at risk for developing 

pressure ulcers [135], [136]. This information can be used to adjust the patient's 

position, use pressure-relieving devices such as mattresses or cushions, and apply 

dressings or bandages that provide adequate support. Overall, pressure monitoring is 

an essential tool in wound monitoring and management. It provides valuable 

information about the level of pressure applied to the wound site and can be used to 

optimize the choice of dressings and bandages. Furthermore, pressure monitoring can 
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help prevent the development of pressure ulcers, which are a major complication in 

immobilized patients. Therefore, pressure monitoring is a crucial component of wound 

care and rehabilitation, and its importance cannot be overstated [16]. Numerous 

researches have been reported related to wound and ulcer monitoring using pressure 

sensors. 

Deng et al. 2018 [41] designed an LC wireless sensor to monitor the mechanical pressure 

on the wound. Resonance frequency (fo) was measured by placing the external readout 

system 1 mm above the LC sensor. fo at 0 άάὌὫ was 792 ὓὌᾀȟ and it showed a linear 

relation up to 200 άάὌὫ with a sensitivity of 284.9 ὯὌᾀȾάάὌὫ and sensitivity was 

reduced to 74.5 ὯὌᾀȾάάὌὫ. The sensor was also tested by changing the material 

under the sensor from foam to human skin at 0 άάὌὫ and fo was decreased from 792 

ὓὌᾀ to 777 ὓὌᾀ. When the underlying foam was changed to fresh pork, the sensitivity 

was reduced to 270.8 ὯὌᾀȾάάὌὫ. The sensor was also tested for different bending 

angled, and at 60o, fo was shifted to 760 ὓὌᾀ from 777 ὓὌᾀ. The fabricated sensor was 

flexible and wearable, so it was kept under the bandage to measure the pressure at the 

wound site and can be used in future smart bandaging. 

In this study, Sadaf et al. [96] reported a low-cost, contact-free resonant sensor 

embedded in a commercial dressing for monitoring the healing process of wounds while 

keeping the site closed and sterile. The circular spiral LC resonators are made of flexible, 

copper-coated polyimide and are read using external antennas connected to a two-port 

vector network analyzer. The resonant frequency and amplitude of the resonant feature 

increase as the tissue permittivity and conductivity change during the healing process. 

The sensor was tested on gelatin-based phantoms and animal studies, indicating a 

positive correlation between the resonant frequency and wound size.  

Mehmood et al. [57] reported a dual-mode sensing system inside the compression 

bandage for chronic wound management in this research. A custom-made flexible 

telemetric sensing system was achieved using an off-the-shelf flexible force sensor 

(FSR406) and moisture sensor (HCZ-D5). The sensing system's performance is 

validated on a mannequin limb and tested on a healthy volunteer, indicating reliable and 

repeatable performance when placed on a human limb. The sensors showed good 

performance when pressure was varied between 0-60 mmHg and moisture levels were 

changed from 0-100%.  
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Rahim et al. [137] reported a wireless strain sensor was developed using screen printing 

and laser machining on a commercially available wound dressing. The sensor comprises 

a flexible planar spiral coil embedded in PDMS, and its resonant frequency varies when 

subjected to strain. The frequency shift was directly proportional to the amount of strain 

applied, and sensor response was linear when the strain was varied between 0 to 35%, 

with a mean sensitivity of 150 kHz/%strain and insignificant hysteresis observed. 

In this study, Farooqui et al. [138] reported a low-cost, continuous wireless monitoring 

system to monitor the different wound parameters such as pressure, pH levels, and 

irregular bleeding. The system was cost-effective, created using inkjet printing on the 

commercially available bandage. The sensor was working on the capacitive sensing 

mechanism. The capacitance varied due to the compression of the dielectric layer and 

the increase in dielectric constant by absorbing the bleeding from the wound. The 

inkjet-printed sensors were disposable, while the wireless electronic system was 

reusable. A pressure of around 6 mmHg produces a capacitance change of around 13%. 

The smart bandage concept is an important step towards innovative wearable sensors 

for remote healthcare applications, as it provides long-term wound progression data to 

healthcare providers. 

Jose et al. [137] reported a flexible sensor for wound strain and temperature monitoring 

in this research. The sensor is developed using simple printing and coating techniques, 

making it suitable for cost-effective fabrication. The relative resistance of the sensor 

was increased by 1.26 (1840 Ohm when the sensor is unstretched) times when stretches 

between 2 to 70 % with a resolution of 1%. The sensor was fabricated on the single-

used Thermoplastic Polyurethane bandage for 12 12-day in vivo testing studies on mice 

and showed improved wound healing. These developed sensors can be used to adjust 

the amount of tension on the wound site more precisely to improve wound healing. 

2.6.4 Intraocular Pressure Monitoring  

Intraocular pressure refers to the pressure inside the eye and serves as a crucial indicator 

of the patient's eye health. Elevated IOP is a significant risk factor for the development 

and progression of glaucoma, a group of eye diseases that can lead to irreversible vision 

loss [6]. According to the World Health Organization, glaucoma is the second leading 

cause of blindness worldwide, affecting approximately 80 million people [90], [91], and 

it is estimated that around 10% of all cases of blindness are attributed to glaucoma. 

Given the substantial impact of glaucoma on global vision health, the early detection 
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and management of elevated IOP are vital for maintaining eye health. In this context, 

implantable pressure sensors offer a promising solution for monitoring IOP in patients 

with glaucoma and other eye diseases. These sensors provide more accurate and 

continuous IOP measurements than traditional methods, such as tonometry. By 

offering real-time data, implantable pressure sensors can aid in identifying patients at 

risk of developing elevated IOP and assist in guiding appropriate therapeutic 

interventions [11], [92], [93]. 

Implantable pressure sensors for monitoring IOP function by directly measuring the 

pressure within the eye. They are typically integrated into small, biocompatible devices 

that can be implanted during surgery or placed in close proximity to the eye [92]. These 

sensors provide clinicians with valuable information on the variations in IOP over time, 

enabling them to better understand the patient's condition and tailor treatment plans 

accordingly. The use of implantable pressure sensors for IOP monitoring offers several 

advantages. Firstly, it allows for continuous and long-term measurements, providing a 

comprehensive understanding of the patient's IOP profile. This is particularly valuable 

in cases where IOP fluctuates throughout the day or in individuals with progressive 

glaucoma. Additionally, these sensors can provide real-time feedback, enabling prompt 

intervention in cases of sudden or significant IOP changes. 

Developing and implementing implantable pressure sensors for IOP monitoring also 

comes with challenges. The sensors need to be miniaturized to ensure compatibility 

with the delicate structures of the eye. Biocompatibility is crucial to prevent adverse 

reactions or tissue damage. Furthermore, calibration and accuracy are essential to ensure 

reliable and precise measurements. Power management and data transmission from the 

implantable sensor to external devices are also active research areas. With continued 

advancements in this field, implantable pressure sensors are promising to enhance the 

management and treatment of glaucoma by providing valuable insights into IOP 

dynamics. 

Chen et al. 2010 [27] reported the development of a wireless pressure sensor for 

continuous intraocular pressure monitoring of glaucoma patients. An implantable 

wireless pressure sensor was made from an LC tank resonant circuit to wirelessly 

transmit the power at the implantable site. Sensor feasibility and biocompatibility were 

tested through 6 months of chronic in vivo and acute ex vivo animal studies. The designed 

sensor was tested using a readout system. The coil's inductance was 57 nH, and 



 

41 

 

capacitance was 3.6 ὴὊ to achieve a resonance frequency of 350 ὓὌᾀ. The sensitivity 

of the sensor was 160 ὯὌᾀȾάάὌὫ but it was increased to 243 ὯὌᾀȾάάὌὫ when the 

encapsulated air volume was doubled. In vivo wireless pressure sensing feasibility was 

demonstrated through acute animal testing using a live rabbit eye model. 

2.6.5 Intracranial Pressure  

Intracranial pressure is the pressure inside the skull, which is exerted by the brain, blood, 

and cerebrospinal fluid. It is a vital sign that reflects the balance between the volume 

and pressure of these three components. The normal range of ICP is between 5 mmHg 

and 15 mmHg, but it can increase or decrease in certain medical conditions. Elevated 

ICP, also known as intracranial hypertension, can lead to brain injury, herniation, and 

death if not treated promptly. The measurement of ICP is important in diagnosing and 

managing intracranial hypertension, as well as other conditions such as traumatic brain 

injury, brain tumors, and hydrocephalus [88], [89]. According to recent data from the 

Centers for Disease Control and Prevention (CDC), in 2010 alone, approximately 2.5 

million traumatic brain injury-related emergency department visits, hospitalizations, and 

deaths occurred in the United States. These alarming figures highlight the significance 

of ICP monitoring in traumatic brain injury cases. In fact, guidelines recommend ICP 

monitoring for all patients with severe traumatic brain injury [85], [86]. 

ICP measurement can be done invasively by inserting a catheter into the skull or non-

invasively by using devices such as a transducer that sits on the skull. Invasive ICP 

measurement is considered more accurate but is associated with certain complications 

such as infection, bleeding, and catheter-related injury. Non-invasive ICP measurement 

is considered less accurate, but it is associated with fewer complications and can be 

done at the bedside [87]. ICP measurement is typically performed in critically ill patients, 

such as those in the intensive care unit or those with traumatic brain injury. It can 

provide valuable information about the patient's brain function and the response to 

therapy [139]. Continuous monitoring of intracranial pressure (ICP) is of paramount 

importance as it provides vital information about the patient's condition, enabling the 

identification of trends and patterns that may indicate the presence of a brain injury 

[15], [98].  

To obtain more accurate and continuous intracranial pressure measurements, 

implantable pressure sensors have emerged as an innovative solution for critically ill 

patients [140]. These sensors offer several advantages over traditional monitoring 
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methods, including real-time data acquisition and eliminating repeated invasive 

procedures. Furthermore, they enable healthcare professionals to promptly detect 

critical changes in ICP, facilitating timely interventions and improving patient outcomes 

[87]ð[89]. Over the past few decades, researchers have reported some potential 

solutions for ICP monitoring. 

Li et al. 2010 [59] reported a dual-mode flexible sensor for intracranial pressure 

monitoring. Two working modes (piezoelectric or resonant) were achieved because of 

the polyvinylidene fluoride trifluoroethylene (PVDF-TrFE) piezoelectric polymer 

diaphragm. Fabricated sensors were tested and compared with a commercially available 

pressure sensor for 72 hours, and a 0.98 and 0.97 correlation factor was noted in 

piezoelectric and resonant modes, respectively. The linear range for both modes was 

between 0-50 άάὌὫ while the sensitivity of the sensor was 22.4 άὠȾάάὌὫ in 

piezoelectric mode and it was 419 ὌᾀȾάάὌὫ in resonant mode. In piezoelectric mode, 

the sensor exhibited good linearity and less power consumption, but the resonant mode 

sensor was more sensitive and easier to adapt in wireless applications. 

In this research, Jiang et al. [141] reported an ICP sensing device using an ultra-thin air 

pouch sensor [142] and a low-power system-on-a-chip (SoC) for data acquisition 

control and wireless transmission. Experimental results demonstrate that the prototype 

implantable ICP device has a resolution of 0.2 mmHg and a battery life of one week 

with a 3 V 50 mAh battery. Testing was conducted in a liquid environment, and the 

nonlinearity error is less than ±0.4 mmHg for the full measurement range of -20 to 

+150 mmHg. The developed device was tested in the porcine tissue environment for 

ex vivo validation and showed good accuracy and biocompatibility. 

Waqas et al. [143] reported a wireless pressure sensing system comprised of off-the-

shelf piezoresistive sensors and other custom electronics to monitor ICP minimally 

invasive manner. This sensor was wirelessly powered from another on-body unit using 

inductive power [140]. The sensor also has a far-field antenna that sends the pressure 

data to the off-body unit. The simulation and measurement results demonstrate that the 

system can wirelessly monitor pressure up to 1 m away, covering a pressure range of 

Ĭ3 to 33 mmHg, and assess the impact of an imperfectly aligned inductive link on the 

system's operation. 

Behfar et al. [56] reported minimally invasive and wireless sensors for continuous 

intracranial pressure monitoring in this research. A capacitive MEMS (Murata SCB10H-
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B012FB) pressure sensor was integrated with ultrathin (50 Ǫm) flexible spiral coils to 

achieve an LC resonant circuit. The performance of the proposed telemetry system was 

evaluated in a hydrostatic pressure measurement setup and simulated the impact of 

human tissues on the inductive link using a 5 mm layer of pig skin. The in vitro 

measurement results demonstrated that the developed sensors could detect ICP 

variations ranging from 0 to 70 mmHg at 2.5 mmHg intervals. 

2.6.6 Blood Pressure Monitoring  

Blood pressure is a critical indicator of cardiovascular health and is influenced by factors 

such as cardiac output, peripheral resistance, and blood volume. High blood pressure, 

known as hypertension, is a significant risk factor for cardiovascular diseases, including 

coronary artery disease, stroke, and heart failure [30], [80], [81]. According to the WHO, 

approximately more than 1 billion people worldwide have hypertension [82], and it is 

estimated that hypertension is responsible for 9.4 million deaths every year [83]. It 

contributes substantially to the overall burden of disease and mortality rates. Moreover, 

hypertension is often asymptomatic, making regular blood pressure monitoring crucial 

for early detection and effective management [144]. The World Health Organization, 

American College of Cardiology, and American Heart Association recommend regular 

blood pressure measurements for individuals aged 18 and above. 

Hypertension is commonly categorized into different grades based on blood pressure 

readings. Optimal blood pressure is defined as a systolic pressure below 120 mmHg and 

a diastolic pressure below 80 mmHg. Normal blood pressure is defined as systolic 

pressure between 120-129 mmHg and diastolic pressure between 80-84 mmHg. 

Elevated blood pressure falls between 129-139 mmHg systolic and 85-89 mmHg 

diastolic. Grade 1 hypertension (mild hypertension) is characterized by a systolic 

pressure of 140-159 mmHg and a diastolic pressure of 90-99 mmHg. Grade 2 

hypertension (moderate hypertension) ranges from 160-179 mmHg systolic and 100-

109 mmHg diastolic. Grade 3 hypertension (severe hypertension) is indicated by a 

systolic pressure of 180 mmHg or higher and a diastolic pressure of 110 mmHg or 

higher [144]ð[146]. 

Accurate assessment of blood pressure can be achieved through various non-invasive 

methods, including ambulatory blood pressure monitoring (ABPM) and home blood 

pressure monitoring (HBPM) [13], [14]. ABPM involves measuring blood pressure at 

regular intervals over 24 hours, capturing fluctuations in blood pressure during daily 
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activities and sleep [147]. This method provides a more comprehensive and reliable 

evaluation of blood pressure patterns than a single clinic measurement. It helps identify 

white coat hypertension (elevated blood pressure in a clinical setting) and masked 

hypertension (normal clinic blood pressure but elevated out of the clinic). HBPM, on 

the other hand, allows individuals to measure their blood pressure in the comfort of 

their homes. It offers the convenience of multiple measurements taken at different 

times of the day, leading to a more accurate representation of an individual's blood 

pressure profile [13], [148], [149]. 

The development of wearable and implantable pressure sensors has paved the way for 

continuous and real-time monitoring of cardiovascular parameters, including blood 

pressure and heart rate [24], [61], [150]. Wearable sensors, commonly placed on the 

wrist or chest, offer the advantage of non-invasiveness and user-friendly monitoring 

[120], [151]. They utilize various sensing mechanisms such as piezoelectric, 

piezoresistive, or capacitive technology to measure blood pressure. Implantable sensors, 

on the other hand, provide direct access to physiological signals and allow for more 

precise monitoring [28], [61], [152]. They typically require a surgical procedure for 

placement and may be positioned within blood vessels or in close proximity to target 

arteries. Implantable sensors often employ wireless communication and power transfer 

technologies, such as inductive coupling or radiofrequency, to facilitate data. There have 

been many research articles where people have developed wearable and implantable 

pressure sensors to monitor heart rate and BP. 

Akiyama et al. 2006 [153] reported a highly sensitive piezoelectric sensor using c-axis 

oriented aluminum nitride (AlN) thin film on polyethylene terephthalate (PET) film. 

The sensor worked within the frequency range of 0.3 to 100Ὄᾀ. The developed sensor 

measured human pulse, holding the sensor between the thumb and middle finger. The 

response of this piezoelectric sensor was tested at room temperature, and the response 

was linear within 0 to 400 Ὧὖὥ and there was created a charge of 30 ὴὅȾὔ. The 

measurements of the sensor were also compared with the standard 

sphygmomanometer.  

In this research work, Tseng et al. 2013 [154] fabricated a tactile sensor that has 

advantages such as reliability, flexibility, high strain limit, low cost, and easy fabrication 

technique. This sensor was also mounted on different places of the body like the carotid 

artery, apical pulse, brachial artery, radial artery, finger artery, and ankle artery region to 
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measure the pulse wave velocity (PWV). The PWV between apical to radial was 5.66 

άί  and from brachial to radial it was 4 άί  and from radial to ankle its value was 

6.15 άί .  

Chen et al. 2017 [155] reported a stretchable nanocomposite nanogenerator used to 

harvest the biomechanical energy and monitor the physiological signals. The developed 

sensor was twistable, foldable, highly stretchable, and had good sensitivity and 

conformability. When the fabricated sensor was tested under compressive force, a linear 

behavior was noted up to 50N, while the linearity was not good under the stretch 

condition. The durability of the sensor was up to the 2000s under 60Ϸ stretch 

conditions. The developed sensors were attached to different body regions to monitor 

eye blinking, radial pulsation, arm movement, pronunciation of words, and heart rate.  

Chen et al. 2017 [156] reported a device that was conformal to the human body to 

harvest biomechanical energy. This device was fabricated from piezoelectric 

nanomaterial and showed good sensitivity and flexibility. A sensor patch of 2.5 ὧά × 3 

ὧά size was tested for different bending angles, and a linear relationship was noticed in 

the sensor behavior. The sensor was tested for 1000 folding and unfolding cycles, which 

showed the repeatability and stability of the sensor. A linear response was noticed 

between the output voltage and applied force, changing from 5.6ὔ to 43ὔ. The sensors 

were able to identify the deep, shallow, fast, and slow states of respiration. Real-time 

radial pulse was monitored by mounting the device on the wrist, 72 ὦάὭὲ were 

measured while successfully distinguishing between systolic and diastolic peaks. 

Yong et al. 2017 [116] reported an ultra-thin plastic pulse sensor to monitor the bio-

signals of radial and carotid near the arteries' surface. This developed sensor was tested 

with a dynamic pushing stage system, and the sensor showed a quite linear response up 

to 30 Ὧὖὥȟ and the sensitivity of the sensor was 0.018 Ὧὖὥ. The durability of the 

sensor was tested by applying a 20 Ὧὖὥ loading and unloading with 2 Ὄᾀ frequency, 

and there was no change in sensor response up to 5000 cycles. Blood pulse was 

measured after conformably attaching to the radial and carotid arteries. A healthy male 

subject was used during the in vivo experiment, and sensor response was monitored 

before and after exercise. Approximately 73 ὦάὭὲ were measured before exercise and 

after exercise ὦάὭὲ were increased to 100. 



 

46 

 

Wang et al. 2017 [157] reported a cellular fluorocarbon piezoelectric pressure sensor 

(FPS) to monitor physiological signals. FPS was developed by a three-step hot pressing 

method. The FPS showed high sensitivity in the low-pressure range with good response 

time and longer mechanical stability. During the testing, it was noticed that the 

sensitivity of the FPS was 7380 ὴὅὔ  when pressure < 1 Ὧὖὥ. But the sensitivity was 

decreased to 900 ὴὅὔ  with good linearity between 1 to 10 Ὧὖὥ. The response time 

of the sensor noticed 50 άί when a 1 Ὧὖὥ load was loaded and unloaded. To check 

the repeatability, a 1 Ὧὖὥ cyclic load was applied and up to 30000 cycles there was 

noticed a very small fluctuation in sensor response was noticed. A 3 × 3 ὧά the sensor 

was attached to human skin to check the wrist and cheek motion, eye blinking, and 

respiration rate. For a 36-year-old male, the breathing rate was 21 times/άὭὲ. The 

systolic and diastolic peaks of the redial pulse were also identified successfully. 

Choong et al. 2014 [40] designed a highly stretchable resistive pressure sensor for 

biomedical applications. The designed sensor worked on very low voltage and had a 

high mechanical stretchability. A pyramidal structure was chosen by comparing the 

shaping factors of a circular cylinder and a microstructured pyramid. Because of the 

non-clean room environment and simple electronics, fabrication cost was very low. A 

sensor was worn conformably on one of the authorõs wrist to measure the blood 

pressure. The sensitivity of the sensor depended on the strain level. The linear 

operational range for 40Ϸ strained was between 0.37-5.9 Ὧὖὥ with a sensitivity of 10.3 

Ὧὖὥ and this linear range was reduced to 3.2 Ὧὖὥ for an unstrained sensor. The 

developed sensor was working on very low voltage (0.2V) with a fast response time of 

0.2s for loading/unloading of 6 Ὧὖὥ loads. 

Gong et al. 2014 [120] developed a resistive pressure sensor by sandwiching the gold 

nanowire (AuNWs) impregnated tissue between the two thin PDMS sheets. This sensor 

was tested for stability, and dynamic pressure of 3 Ὧὖὥ, and a stable response was noted 

up to 10,000 cycles. While for a static pressure of 50 Ὧὖὥ, the sensor was stable up to 

50,000 cycles. The sensitivity of the sensor was 1.14 Ὧὖὥ within a linear range of 0-5 

Ὧὖὥ. A sensors array was mounted on the wrist to monitor the pulse wave, and 

approximately 66 ὦάὭὲwere measured in normal condition while it was increased to 

88 ὦάὭὲ after some physical exercise. The peaks of systolic and diastolic blood 
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pressure were distinguished successfully, which exhibited the potential of this wearable 

device in the field of biomedical health monitoring. 

Tai et al. 2015 [158] fabricated a highly sensitive and cost-effective resistive pressure 

sensor for biomedical applications. The active layer of the sensor was conductive and 

piezoresistive, made from single-walled carbon nanotube (SWCNT)/alginate hydrogel 

spheres, and this active layer was sandwiched between the ITO/PET electrodes. The 

sensitivity of the sensor was 0.398, 0.176 and 0.149 Ὧὖὥ when the diameters of the 

spheres were 0.6, 1, and 1.5 mm, respectively. The effective working range of the sensor 

was between 0 and 1.4 Ὧὖὥ. The mechanical stability of the sensor was 3000 cycles for 

a maximum load of 0.02ὔ at a frequency of 0.9 Ὄᾀ. The sensitivity of the sensor was 

great for low pressure (< 10 ὖὥ) with a dynamic response time of 100 άί. A fabricated 

sensor was mounted on the radial artery and in normal conditions 61 ὦάὭὲwere 

recorded while after a physical exercise 74 ὦάὭὲ were recorded. A sensor was 

attached to the human neck to monitor the muscle motion for different words. 

Gong et al. 2015 [77] developed a strain sensor mainly based on ultrathin gold nanowires 

to monitor human health. A universal drop-casting technique was used to fabricate a 

1.64 Аά thick black gold film on latex rubber. The durability and responsiveness of the 

sensor were > 5000 cycles and 22 άίȟ respectively. The developed sensor was able to 

work under a wide strain range (0.01Ϸ -200Ϸ). The fabricated sensor was mounted on 

the cheek, forearm, and throat to monitor muscle movement. A sensor was also 

mounted on the wrist to monitor the radial blood pulse, and the sensor successfully 

detected the peaks of systolic and diastolic pressure. 

Lee et al. 2016 [159] reported a transparent and bending insensitive resistive pressure 

sensor to monitor the vessel blood pressure. Bending insensitivity was achieved by 

fabricating the nanofibers using carbon nanotubes and graphene. A device with a 1.4 

Аά thick PET substrate was negligible bending insensitive. An applied pressure 

between 0.6 to 1.5 Ὧὖὥ was successfully monitored between the soft materials. A 2 × 4 

άά  the pressure sensor was wrapped around the artificial silicon blood vessel to show 

the future potential for in vivo applications. The mechanical stability, durability, and 

repeatability of the sensor were tested, and a very small change in the sensor response 

was noticed after 1000 cycles. The response time of the sensor was 20 άί in the loading 

state, and for the unloading state, it was only 5 άί. 
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In 2016, Pang et al. [151] demonstrated a highly sensitive and flexible pressure and strain 

sensor for wearable applications. This sensor was based on a graphene porous network 

(GPN) and PDMS. The sensitivity was 0.09 Ὧὖὥ within the linear range of 1000 Ὧὖὥ. 

The response time of the sensor for loading was 100 άίȟ and for unloading, its value 

was 80 άί. The repeatability of the sensor response was tested for loading and 

unloading of 1666 Ὧὖὥ pressure, and after 10 cycles, there was noticed a change in 

sensor response. A sensor was kept under the heel to monitor the walking states. From 

the sensor response, it was successfully distinguished between the walking and jogging 

states. To demonstrate the physiological applications, a sensor was attached to the wrist 

to monitor the radial pulse wave and heartbeat. The sensor was able to identify the 

systolic and diastolic peaks while 78 ὦάὭὲ were recorded. 

Zhou et al. 2017 [160] developed an e-skin with high sensitivity and self-powering 

features. E-skin was achieved by weaving the polyvinylidene fluoride (PVDF) 

nanofibers coated with poly (3, 4ethylenedioxythiophene) (PEDOT). The developed 

PPNWF sensor was tested on the human face to monitor muscle movement. A sensor 

was also attached to the human throat to monitor the speech. One of the sensors was 

attached to the wrist of a healthy male subject, and the peaks of systolic and diastolic 

pressure were easily detected before and after an exercise. This PPNWF sensor was 

showing a sensitivity of 18.376 Ὧὖὥ for a pressure range up to 100 ὖὥ and sensitivity 

was reduced to 0.67 Ὧὖὥ for a wider pressure range between 0.002 to 10 Ὧὖὥ. The 

response time of the sensor was 15 άί and the repeatability and durability of the sensor 

were up to 7500 cycles without observing any significant change in sensor response.  

Park et al. 2018 [161] developed a highly sensitive and flexible piezoresistive pressure 

sensor based on wrinkled carbon nanotube film. Because of wrinkled structures, the 

sensor's sensitivity was increased 12800 times with a rapid response time of 20 άί. 

Sensitivity was 278.5 Ὧὖὥ  for a pressure <2 ὖὥȟ and it was reduced to 13.2 Ὧὖὥ 

when the pressure range was between 0.002-0.5 Ὧὖὥ. The durability and repeatability 

of the sensor were tested by applying a cyclic load of 0.5 Ὧὖὥ and after 500 cycles there 

was seen a negligible drift in sensor values. To show the feasibility for human wearables, 

a sensor was mounted over the radial artery, and systolic and diastolic peaks of blood 

pressure were successfully recorded. This sensor was also mounted on the throat for 

voice detection, and a similar profile was noticed when the same word was repeated. 
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Jang et al. 2019 [162] demonstrated a flexible piezoresistive pulse sensor (FPPS) to 

monitor the different physiological signals from the human body. A special patterned 

PDMS substrate layer was achieved by pouring and peeling off the PDMS on the 

Sharkskin mold. The substrate was coated with PEDOT:PSS, and two electrodes were 

attached to complete the structure of FPPS. The sensitivity of the sensor was 62.56 

Ὧὖὥ within a range of 0.7 Ὧὖὥȟ and sensitivity was reduced to 8.32 Ὧὖὥ from 0.7-

6 Ὧὖὥ. The lifetime of the developed sensor was tested with an external load of 280 ὖὥ 

and there was noticed a very small drift in sensor behavior after 3000 cycles. A 1 × 1 

ὧά the sensor was mounted on the wrist near the radial artery, and pulse data was 

measured. The systolic and diastolic peaks were measured successfully, and after 

processing the data from the sensor in MATLAB reflection index, stiffness index, and 

vascular age were calculated. 

Shin et al. 2005 [42] developed an implantable flexible capacitive pressure sensor using 

chip-embedded flexible (CEFP) technology. The bending test and simulation were 

made to analyze the mechanical parameters of the flexible communication platform. As 

the flexibility of the sensor was good so, it was easily wrapped around the blood vessel. 

A capacitive pressure sensor was also integrated with a coil to form an LC resonator to 

remotely monitor blood pressure. The concept of the study was proved by in vitro 

experiments where the sensor was wrapped around a silicon rubber tube. A readout 

antenna was connected to a vector network analyzer (VNA) to measure the resonance 

frequency. At rest, fo was 150.9 ὓὌᾀ and it was showing quite linear response between 

0 and 800 άάὌὫ with a sensitivity of 11.25 ὯὌᾀȾὯὖὥ. 

Fonseca et al. 2006 [58] reported a flexible wireless LC pressure sensor for biomedical 

applications. Two types of devices were designed, a semi-hermetic device was designed 

for acute usage, and a hermetic device was developed for chronic use. Because of the 

flexibility, devices were able to fold or roll for catheter-based delivery. The device was 

tested acutely in vivo for over 30 days in canine models simulating abdominal aortic 

aneurysms (AAA) incorporating a wired reference pressure transducer. Different 

substrates were tested, and resonance frequencies were ranging between 30-50 ὓὌᾀ. 

Linear pressure sensitivity was ranging between 1 to 20 ὯὌᾀȾάάὌὫ for different 

LCP/expanded PTFE devices and 0.5 to 1.5 ὯὌᾀȾάάὌὫ for PTFE/FEP/Ceramic 

devices. In an animal study, four acute devices were implanted in four animals in wired 
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and wireless modes. The wireless sensor was showing a sensitivity of 5.76 ὯὌᾀȾάάὌὫ 

and it was 5.4 ὯὌᾀȾάάὌὫ in wired mode. 

Brox et al. 2011 [163] reported a capacitive pressure sensor for biomedical applications. 

The sensor was developed by thermally bonding the parylene membrane on a stainless-

steel chip with an air cavity. The sensor was working linearly up to 200 άάὌὫ so it 

was suitable for in vivo blood pressure sensing applications. The sensitivity of the sensor 

was 2 ὪὊȾάάὌὫ or 100 ὴὴάȾάάὌὫ for a linear range up to 200 άάὌὫ. This 

sensor was tested on temperature range between 35-45oC and there was noted a shift of 

250 ὴὴάȾὅ, this shift is because of the permittivity of parylene-C, which increases with 

temperature. The proposed sensor of size 1.5 × 1.5 × 0.2 άά  was not in vivo tested, 

but it has a potential for in vivo experiments. 

Bingger et al. 2012 [61] reported a flexible pressure sensor for continuous monitoring 

of blood pressure for the long term. Developed sensor of size 40 × 5 × 0.5 άά  was 

tested in vitro by wrapping around the artificial blood vessel of 5 mm diameter and 0.5 

mm thick wall. The sensitivity in vitro was between 0.034ϷȾάάὌὫ and 0.61ϷȾάάὌὫ 

for a pressure range between 0 and 220 άάὌὫ. But this sensitivity was increased to 

0.18ϷȾάάὌὫ when the sensor was wrapped around the carotid artery of a 60 ὯὫ pig. 

The response time of the sensor was < 50 άί. When the sensor was tested for durability 

and repeatability, it showed a drift after 60 hours because of PEDOT:PSS layer swelling. 

Schwartz et al. 2013 [79] reported a flexible pressure sensor that used low power and 

had good sensitivity and fast response time. This flexible pressure-sensitive organic thin-

film transistor (OTFT) combined a PDMS microstructured dielectric layer and 

polyisoindigobithiophene-siloxane (Pil2T-Si). These OTFTs base pressure sensors with 

different spacing between the pyramids (1.33, 3.79, 8.85, and 13.61 Аά) were tested. 

Optimal sensitivity was observed for the 8.85 Аά spacing sensor. Because of the 

sensor's insensitivity to bent, it was easily mounted on the wrist near the radial artery of 

the adult person, and the sensor showed clear systolic and diastolic peaks. The sensitivity 

of the sensor was 8.4 Ὧὖὥ with a rapid response time of < 10 άί. The mechanical 

stability and durability for a continuous load were more than 15000 cycles. This sensor 

was consuming extremely low power < 1 mW. 

Chen et al. 2014 [26] reported a wireless, real-time pressure sensing and monitoring 

system with a passive approach. The flexibility and miniaturization of the sensor were 
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targeted in this work. For a 50 Аά wide trace, the sensitivity and linear operational 

ranges were 2.25 ὓὌᾀȾάάὌὫ and 0-100 άάὌὫ respectively, and sensitivity was 1.93 

ὓὌᾀȾάάὌὫ for a trace width of 25 Аά and the range was 400 άάὌὫ. The response 

time of the sensor was å90 άί which showed the potential of this sensor in 

physiological signal monitoring. To monitor the radial pulse, a 2.5 × 2.5 άά  the sensor 

was mounted on the radial artery of a healthy subject, and 82 ὦάὭὲ were recorded. 

Two sensors of 3 × 3 άά  size and 1 sensor with 2.5 × 2.5 άά  size were placed 

under the epidural space inside the skulls of 3 different mice to monitor the intracranial 

pressure. 

Boutry et al. 2015 [30] developed a biodegradable pressure sensor with high sensitivity 

and faster response. This sensor measured the arterial blood pulse and pulse wave 

velocity. An array (4 × 5) of sensors was tested, and the average sensitivity of the 20 

sensors was 0.76 Ὧὖὥ in a pressure range < 2 Ὧὖὥȟ but this sensitivity was decreased 

to 0.11 Ὧὖὥ when the pressure range was between 210 Ὧὖὥ. So, this sensor was good 

for a low-pressure regime (< 2 Ὧὖὥ). Because of the microstructured dielectric layer, 

the response time of the sensor was improved to the millisecond range. Sensors array 

was showing a stable response up to 8000 cycles for loading and unloading of 80 Ὧὖὥ 

loads. The size of the sensor array was 2.42 × 2.42 άά . For in vivo testing, this sensor 

array was mounted over the radial artery of an adult subject, and the sensor successfully 

detected the diastolic and systolic peaks.  

Nie et al. 2015 [164] developed a flexible iontronic film for pressure-sensing applications 

in health monitoring. This iontronic film was used as a dielectric layer between the two 

electrodes. A sensor of size 20× 10× 0.2 άά  was showing an ultrahigh capacitance 

with a sensitivity of 3.1 ὲὊὯὖὥ within a detection range of 1-5 Ὧὖὥ. The sensor's 

response time was in the millisecond range, which was ten times faster than available 

solutions. The dynamic pressure range of the sensor with 170 Аά chamber diameter 

was between 11-18 Ὧὖὥ but it was tuneable to chamber diameter. A sensor was tested 

for a cyclic load of 4 Ὧὖὥ at 100 Ὄᾀ and it was showing repeatability in capacitance 

values over 30,000 cycles. A sensor was mounted on the finger, and the finger was 

placed on the radial artery to measure the blood pressure waveform in a dry and 

underwater environment. 
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In this study, Park et al. 2016 [28] integrated a wireless pressure sensor into a 

biodegradable polymer stent to monitor the vessel blood pressure. Sensor area was 

limited to 3 × 3 άά  because it was integrated with a stent. Resonance frequency was 

measured using an external readout antenna, and it was changing between 183 ὓὌᾀ to 

173 ὓὌᾀ for a pressure ranging from 0-230 άάὌὫ with a sensitivity of 0.043 

ὓὌᾀȾάάὌὫ. The size of the designed sensor was 3× 3 άά  and 177 sensors were 

fabricated on a 100 mm silicon wafer. The sensor was integrated within a biodegradable 

polymer stent because metal was interfering with sensor signals in the case of a metal 

stent. A biodegradable polymer stent integrated with a fabricated sensor was implanted 

inside the cardiovascular blood vessel of a pig to monitor the vascular pressure. 

Boutry et al. 2019 [55] reported an LC resonance sensor to monitor arterial pulsation 

after complex reconstructive surgeries. The sensor was fabricated from biodegradable 

materials, so there was no need to remove the sensor after use. The sensor was having 

a response time of 320 άί. The sensor stability was tested up to 3000 loading and 

unloading cycles of 40 to 230 Ὧὖὥ. When this sensor was wrapped around a 2 mm artery, 

the change in diameter was noted as only 2Ϸ. And fo was changed 8 ὓὌᾀ when the 

applied force on the artery was between 0.060N and 0.066N. During in vivo testing, a 

sensor was wrapped around the femoral vessel of a rat and fixed to the abductor's 

muscles with sutures. For wireless sensor testing, the coil structure of the device was 

placed on the groin fat pad. 

2.7 Results and Discussion 

The studies listed above have been analyzed with respect to their applications and key 

materials used in fabrication and results. The reported results of every sensor are 

different because of the sensor design and materials. For instance, the sensitivity of a 

pressure sensor depends on the design and materials of the sensor. In the case of a 

capacitive pressure sensor, its sensitivity can be improved by micro-structuring the 

dielectric layer. Similarly, the active layer of a resistive sensor can also be micro-

structured to increase its sensitivity. The deformation of the layer depends on Young's 

modulus of the material, which changes with the curing agent ratio and duration of 

under-curing temperature [165][166][43]. 

Youngõs modulus represents how much stress is needed to produce the same strain on 

different materials. There is a linear relationship between stress and strain up to a certain 
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limit, known as the yield limit. If Youngõs modulus of a material is very low, then it can 

be easily deformed. After the yield point, the plastic region starts, and the material will 

be permanently deformed with added load. The material response in the plastic region 

is nonlinear, and after reaching its ultimate tensile strength limit, it will break. Dielectric 

materials commonly used in developing pressure sensors have a very small value of 

Youngõs modulus to achieve better flexibility and sensitivity. In addition, in a thin-film 

pressure sensor, a thin layer of conductive material should have better electrical and 

mechanical properties while providing more flexibility. 

2.7.1 Piezoelectric Pressure Sensing 

Table 2.1 shows the tabular summary of piezoelectric pressure sensors developed to 

monitor different physiological signals. The linear operational range reported by 

Akiyama et al. [153] was 0-400 Ὧὖὥ, which is 40 times greater than that achieved by 

Wang et al. [157]. On the other hand, the sensitivity reported in study [157] was 900 

ὴὅὔ  which is 30 times greater as compared to study [153]. The linear operational 

range and sensitivity of piezoelectric sensors depend upon Young's modulus, elastic 

limit and yield strength of piezoelectric material and substrate. Table 2.5 shows the 

mechanical properties of different substrate materials. 

In studies [155], [156], [157], PDMS is used as a substrate material, and as Young's 

modulus of PDMS is less than 1 ὓὖὥ, the sensitivities reported are good. The Young's 

modulus of PET is ranging between 2.8-3.1 Ὃὖὥ which is much greater than the 

Young's modulus of PDMS. Therefore, PET based sensor will deform less compared 

to PDMS sensor.  

The sensitivity of piezoelectric sensors also depends on the nature of their piezoelectric 

material. We can divide piezoelectric materials into three groups: natural, ceramic, and 

polymer. The best examples of the first group are SiO2, which has low sensitivity but 

good stability. Barium titanate (BaTiO3), Aluminum nitride, and lead zirconium titanate 

are used in studies [153], [114], [154], [155], [116] and are the most typical examples of 

the ceramic group. They have good sensitivity, but due to their pole orientation loss, 

these materials cannot be used for the long term. Regarding polymeric piezoelectric 

materials, PVDF presents the highest piezoelectricity effect of these materials and is 

normally used in combination with TrFE to produce a PVDF-TrFE co-polymer for 

thin-film piezoelectric applications. In addition, AgNWs, CNTs, and PEDOT:PSS are 
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used sometimes as electrodes to achieve high sensitivity and flexibility [112], [115], [156]. 

Copolymer based piezoelectric pressure sensors are compatible with Si, thatõs why 

widely used in physiological applications. 

The response time of piezoelectric sensors depends on the piezoelectric material used, 

as they show different relaxation times. The piezoelectric materials used in the reported 

studies have fast recovery time; in studies [114], [116], [157], for instance, the reported 

response times were in the millisecond range, as can be seen in Table 2.1. The feature 

of fast responses allows the sensors listed to capture the physiological signals they aim 

for. 

The life cycle of a piezoelectric sensor mainly depends on the piezoelectric material. For 

example, the surface of ceramic-based piezoelectric sensors suffers cracks with cyclic 

loading. In another instance, some piezoelectric materials can store some compression 

energy, which produces hysteresis in the sensor response upon a cyclic load. In 2017 

Chen [155] reported a piezoelectric sensor made of BaTiO3, due to its stiffness, the 

sensorõs response changed after the 2000s. Similarly, Yong et al. [116] reported a PZT-

based pressure sensor that couldnõt show a constant response after 5000 cycles. By 

contrast, in 2015 Chen et al. [112] used PMMA as a substrate and PVDF-TrFE as 

piezoelectric material that, when tested, showed a negligible variation in the sensor 

response after 36000 loading/unloading cycles. Another polymeric-based piezoelectric 

material was used by Wang [157] in his sensor design, and the sensor showed a negligible 

drift in the behavior until 30000 cycles. 

2.7.2 Resistive Pressure Sensing 

In a resistive pressure sensor, the sensitivity of the sensor depends upon the change in 

the connecting area between the active layer and the conductor. It is noticed that using 

a microporous active layer increases the sensitivity of the resistive pressure sensor. This 

increase in sensitivity is due to the porous nature of the active layer, which provides 

more contact area between electrodes and the active layer. 

In general, the sensitivity and linear operational range of resistive pressure sensors are 

less than compared to capacitive sensors. Pan et al. reported a very sensitive pressure 

sensor with a sensitivity of 56-133.1 Ὧὖὥ for a pressure < 30 ὖὥ and 0.4 Ὧὖὥ for 

a range > 1 Ὧὖὥ using a polypyrrole conductive gel with Cu and Au electrodes [121]. 

In 2014, Choong et al. [40] reported a pressure sensor using conductive elastomer 
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(PEDOT:PSS), which showed a linear response between 0.37-5.9 Ὧὖὥ with the best 

sensitivity of 10.3 Ὧὖὥ. Gong et al. fabricated a pressure sensor using gold nanowires 

but the sensitivity was only 1.14 Ὧὖὥ [120]. In 2015, Tai et al. demonstrated a resistive 

pressure sensor using single-walled carbon nanotubes (SWCNTs) with alginated 

hydrogel conductive spheres and ITO/PET-based electrodes, and it was noticed that 

with the increase in diameter of CNTs, the sensitivity was decreasing [158]. A nickel 

foam-based pressure sensor was demonstrated by Pang et al. [151] with a linear 

operational range up to 1000 Ὧὖὥ but the sensitivity was only 0.09 Ὧὖὥ. The best 

sensitivity reported for a pressure range between 0-6 Ὧὖὥ was only 10.3 Ὧὖὥ and the 

best linear operation range reported by Chen et al. [167] was between 0-20 Ὧὖὥ. A 

complete tabular summary of resistive pressure sensors can be seen in Table 2.2. 

The response time of resistive pressure sensors is generally very fast compared to 

piezoelectric and capacitive. From Table 2.2, you can see that the response times of 

resistive pressure sensors are good because of the flexible nature of the active layer. 

Zhou et al. fabricated a pressure sensor using a flexible PEDOT: PVDF-based active 

layer with a response time of 15 άί. In 2014 and 2015, Gong et al. demonstrated 

different pressure sensors using AuNWs with PDMS and rubber for radial pulse 

monitoring with a response time of 17 άί and 22 άίȟ respectively. Studies [168], [161], 

[158], [159] reported CNTs-based resistive pressure sensors with response time < 100 

άί. 

In the resistive sensing mechanism, the sensor's durability, stability, and repeatability 

depend upon the active layer's nature. If the active layer deforms easily with applied 

pressure and no permanent deformation occurs, then the sensor can survive more 

compression cycles. In 2014, Gong et al. reported a flexible and highly sensitive sensor 

based on AuNWs, which was able to show a constant response of up to 50,000 loading 

and unloading cycles without any deflection in sensor response [120]. Pan et al. reported 

a polypyrrole conductive gel-based sensor for e-skin application with 8000 life cycles 

[121]. Durability and repeatability reported in the study [160] were 7500 cycles for 

loading and unloading of a 10 Ὧὖὥ load. In 2015, Gong et al. [77] reported another 

AuNWs-based pressure sensor with different substrates, and a maximum of 5000 

loading and unloading cycles were noticed. Loading and unloading cycles were between 

500-3000 for the studies [40], [168], [161], [162], [158], [159], [167] reported in Table 
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2.2. In 2017, Pang et al. fabricated a resistive pressure sensor using nickel foam, 

graphene, and PDMS, which survived only for 10 cycles [151]. 

2.7.3 Capacitive Pressure Sensing 

Table 2.3 provides a tabular summary of all capacitive pressure sensors reported in this 

paper. The sensitivity reported by Chen et al. [26] is highest because of its novel design 

and the microstructured dielectric layer of SBS. Initially, the linear operational range was 

between 0 and 100 άάὌὫ (0-13.3 Ὧὖὥ) with a sensitivity of 2254 ὯὌᾀȾάάὌὫ but 

by changing the spiral trace width, the linearity range was increased to 400 άάὌὫ (53.3 

Ὧὖὥ) with a small decrease in the sensitivity. This reduced sensitivity was 1930 

ὯὌᾀȾάάὌὫ which is still the highest among the reported sensor in this chapter. So 

there is a tradeoff between the sensitivity and linearity of the sensor [26]. 

Shin et al. [42] have reported the maximum linear operational range from all the 

capacitive pressure sensors that have been reported in this review chapter. The sensor 

was showing a linear response up to 800 άάὌὫ (106 Ὧὖὥ), but sensitivity was only 

11.25 ὯὌᾀȾάάὌὫ. Lei et al. [117] reported a sensor for plantar pressure measurements, 

sensor response was quite linear up to 945 Ὧὖὥ but the sensitivity was less. In 2019, 

Boutry et. al [55] reported another sensor to monitor the blood flow after reconstructive 

surgeries, and the sensor response was linear up to 300 Ὧὖὥ. Sensors reported in studies 

[78], [58], [27], [59], [30], [164] were linear for the low-pressure regime (< 10 Ὧὖὥ), while 

in studies [79], [61], [41], [39], [28], the linear operational range of the sensors were in 

medium pressure regime (> 10 Ὧὖὥ and < 100 Ὧὖὥ). 

In capacitive pressure sensors, the sensitivity also depends upon the structure of the 

dielectric layer. Mannsfeld et al. [78] stated that the sensitivity of the microstructured 

pyramidal film sensor was 30 times higher than the unstructured film sensor, but the 

linear operational range was not good. Schwartz et al. [79] stated that the sensitivity of 

the sensor can be tuned by increasing the spacing between the micro pyramids because 

more spacing of the same stress will cause more deformation of the pyramids. However, 

due to the more space for air, there will be an increase in the nonlinearity of the sensor. 

Boutry et al. [30] reported a capacitive pressure sensor with a microstructured dielectric 

layer, which showed good sensitivity in the low-pressure range because there was 

present some air between the two micro-pyramids of the structure. These air gaps also 

caused non-linearity in sensor behavior. The sensitivity and linearity of the capacitive 
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pressure sensor also decrease at high pressure because the dielectric layer gets saturated, 

and no compression occurs with more pressure [164].  

The response time of the sensor also depends upon the microstructuring of the 

dielectric layer. For a PDMS pyramidal microstructured dielectric layer, the response 

time was 10000 times faster than unstructured film. This response time also depends 

upon the viscoelastic behavior of the material, which can be reduced by producing a 

microporous dielectric film instead of a solid film [30], [57]. Sensor response time and 

linear behavior are also affected because of the hysteresis effect of the dielectric film. In 

2015, Boutry et al. [30] compared the response and relaxation times of microstructured 

and unstructured pressure sensors, and a very fast response and relaxation time were 

noticed in the case of structured as compared to unstructured dielectric layer-based 

sensors [164]. 

From Table 2.3, it can be noticed that the sensor reported by Schwartz et al. [79] has 

the fastest response time, which was < 10 άί, therefore, sensor was able to monitor 

the radial pulse wave continuously. The response time of a capacitive pressure sensor is 

defined by the response time and relaxation time of the dielectric material. Mostly, 

capacitive pressure sensors reported in Table 2.3 were able to monitor the real-time 

physiological signals, which means the sensor had faster response times. 

The life cycles of the capacitive pressure sensor again depend upon the material of 

the sensor because, over time, the elasticity of the material changes. Some dielectric 

materials can store compression energy and can change the behavior of the sensor as it 

goes under more compression cycles. Electrode material also plays a key role in sensor 

life because if the stiffness of the electrode is too high, it will survive under high 

pressure. Mannsfeld et al. [78] and Schward et al. [79] have used ITO-coated PET 

conductive electrodes in their designs, and good repeatability and stability up to 10000 

and 15000 cycles were noticed, respectively. In 2015, Boutry et al. [30] reported an 

iontronic film-based pressure sensor with > 30000 life cycles. 

2.7.4 Research Gaps 

As stated in the earlier sections, thin film flexible pressure sensors play a crucial role 

in various wearable and implantable applications for monitoring physiological pressures. 

In wearable applications, these sensors are widely utilized for tasks such as plantar 

pressure measurement, compression therapy, and wound monitoring. They enable 
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healthcare professionals to gather valuable data on the pressure exerted on the feet, 

facilitating the assessment of gait abnormalities, foot health, and wound healing 

progress. Moreover, wearable pressure sensors find utility in compression therapy 

garments, ensuring optimal pressure distribution for improved circulation and healing. 

In the context of wound monitoring, these sensors allow for measuring pressure 

changes around the wound site, aiding in the assessment of healing progress and 

preventing complications. 

Implantable pressure sensors, on the other hand, offer valuable insights into internal 

physiological pressures. For instance, they are employed in monitoring bladder, blood, 

intracranial, and intraocular pressure. By continuously monitoring bladder pressure, 

healthcare professionals can diagnose and manage conditions such as urinary 

incontinence or urinary retention. Blood pressure sensors provide crucial information 

about cardiovascular health, enabling early detection and management of hypertension, 

a condition affecting a significant portion of the global population. Monitoring 

intracranial pressure is essential for patients with conditions like traumatic brain injury 

or hydrocephalus, allowing for timely interventions to prevent potential complications. 

Similarly, intraocular pressure sensors are utilized to manage glaucoma, a leading cause 

of irreversible blindness, by providing accurate and continuous monitoring to guide 

treatment decisions. 

Among these physiological pressures, blood pressure is one of the most important 

indicators of overall health. The World Health Organization reports that approximately 

1.13 billion people worldwide suffer from hypertension, a major risk factor for 

cardiovascular diseases. Blood pressure control remains suboptimal, leading to 

increased morbidity and mortality rates. The economic burden is also substantial, with 

approximately 10% of global healthcare expenditure allocated to blood pressure 

management. Uncontrolled high blood pressure significantly increases the risk of heart 

attacks, strokes, and other cardiovascular complications. However, by effectively 

monitoring and managing blood pressure, it is possible to reduce the occurrence of 

these adverse events by up to 50%. 

Extensive research has been conducted to develop solutions for monitoring blood 

pressure, with various wearable and implantable devices proposed. Wearable blood 

pressure sensors commonly employ resistive sensing mechanisms. These sensors are 

typically placed on the wrist, positioned above the radial artery, and rely on changes in 
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resistance to measure blood pressure. While they offer convenience and ease of use, 

their reliance on a power supply limits their suitability for long-term monitoring. 

Furthermore, the need for a secure and tight fit to accurately detect pulsations can be a 

challenge for prolonged usage. In contrast, implantable blood pressure sensors often 

utilize capacitive sensing mechanisms combined with planar inductors to form LC 

resonant tank circuits. This configuration enables wireless communication and power 

transfer through resonance coupling. Implantable sensors require a surgical procedure 

to be placed either inside the artery, wrapped around it, or positioned near the artery. 

These procedures, though effective in acquiring accurate measurements, pose practical 

limitations for widespread adoption. The invasiveness of the implantation process, 

coupled with potential complications and limited wireless connectivity, restricts their 

practical use in long-term blood pressure monitoring. 

To overcome these challenges, a novel approach has been proposed in this thesis: the 

development of a minimally invasive, non-occlusive continuous blood pressure sensor. 

The proposed sensor consists of a capacitive pressure sensing element integrated with 

a novel planar inductor to achieve an LC resonant tank circuit to enable wireless power 

and communication features. This sensor is designed to be implanted near the artery 

subcutaneously, ensuring accurate and continuous blood pressure measurement. 

Subcutaneous placement offers advantages such as reduced invasiveness, improved 

patient comfort, and minimized risks associated with deep sensor implantation. By 

positioning the sensor beneath the skin, it can be in close proximity to the artery, 

allowing for precise monitoring of blood pressure variations. The developed 

subcutaneous blood pressure sensor operates using a wireless communication and 

power transfer system. An external reader system, which can be miniaturized into a 

wristwatch-like band, is employed to wirelessly read the data from the sensor and 

provide power. This wireless functionality eliminates the need for cumbersome wired 

connections, enhancing patient comfort and enabling long-term monitoring. The reader 

system utilizes resonance coupling to establish a wireless link with the subcutaneous 

sensor, allowing for continuous data transmission and power transfer. Continuous 

blood pressure measurement over an extended period provides valuable insights into a 

patient's blood pressure profile throughout the day. This high-density data collection 

allows healthcare professionals to analyze blood pressure patterns, detect fluctuations, 

and assess the effectiveness of treatment interventions. By leveraging this detailed 

information, personalized therapy strategies can be developed to optimize blood 
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pressure control and improve patient outcomes. The proposed subcutaneous blood 

pressure sensor holds great promise for long-term monitoring applications. Its 

minimally invasive nature minimizes the risks associated with traditional implantable 

sensors, making it a more practical and patient-friendly solution. Additionally, the 

wireless communication and power transfer system enhance the convenience and 

usability of the sensor, enabling continuous monitoring without the restrictions 

imposed by wired connections. 

The thin film flexible pressure sensors are widely used in wearable and implantable 

devices for monitoring physiological pressures. Blood pressure, in particular, plays a 

pivotal role in assessing cardiovascular health and predicting mortality. Existing 

research solutions include wearable sensors utilizing resistive sensing mechanisms and 

implantable sensors employing capacitive sensing mechanisms. However, the proposed 

subcutaneous blood pressure sensor offers a novel approach by combining minimally 

invasive placement, wireless communication, and power transfer. This innovation 

opens up new possibilities for long-term blood pressure monitoring, enabling 

personalized therapy and improving healthcare outcomes. 

2.8 Conclusion 

This review chapter summarizes the state-of-the-art technologies for a thin-film 

pressure sensor. We have provided a complete overview of the fabrication of thin-film 

based piezoelectric, resistive, and capacitive pressure sensors to monitor the 

physiological signals for healthcare applications. Thin-film pressure sensors are 

generally fabricated by lithography processes, but the cost of fabrication depends upon 

the complexity of the design and material of the sensor. The sensitivity, linear operation 

range, response time, and the number of loading/unloading cycles of any sensor also 

depend upon the design and material of the sensor. After analyzing the previous 

literature, we can easily conclude that there is a trade-off between the sensitivity and 

linearity of a sensor. 

In piezoelectric thin-film pressure sensors, sensitivity and linear operational range 

depend upon the material of the piezoelectric thin film and substrate. The response 

time of the piezoelectric sensor is generally good; thatõs why it can be used in 

physiological signal measurements. The life of the piezoelectric sensor can be increased 

by using polymeric piezoelectric thin layers instead of ceramic or natural crystal 

piezoelectric materials. By looking at Tables 2.1, 2.2, and 2.3, we can say that the size of 
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the overall sensor is bigger in the case of piezoelectric as compared to resistive and 

capacitive sensing technologies. Therefore, piezoelectric pressure sensors cannot be 

used in the implantable application. Piezoelectric sensors are only useful for dynamic 

pressure applications because, at static pressure, the voltage starts dropping because of 

the imperfect insulation and the sensorõs internal resistance. In most cases, when using 

a piezoelectric sensor, a charge amplifier is also required, which needs to be designed 

very carefully, and this additional circuitry also makes the sensor bulky. 

Resistive pressure sensors reported in this paper are mostly fabricated from flexible 

nanowires, conductive gels, or conductive elastomers. Because of the simple structure, 

fabrication of resistive pressure sensors is very cost-effective and easy. In resistive 

pressure sensors, sensitivity and linear operation range depend upon the material of 

external electrodes and the active layer. The sensitivity, linearity, and response time of 

resistive pressure sensors can also be controlled by using porous or microstructured 

active layers. By comparing the response times of resistive sensors with piezoelectric 

and capacitive pressure sensors, we can simply say that resistive pressure sensors have 

a faster response. Because of the flexible nature of the active layer, resistive pressure 

sensors are easily conformable to human skin and, therefore, very useful in physiological 

signal monitoring for human healthcare. Although the sensor size is very small in many 

cases, but still cannot be used in implantable applications because resistive pressure 

requires a power source to operate the sensor. From Table 2.2, it can be noticed that 

resistive pressure sensors are very sensitive to the low-pressure regime, and sensitivity 

was reduced in medium and high-pressure regimes. 

In a thin-film capacitive traducing mechanism, the sensitivity, linearity, response time, 

and life of the sensors depend upon the electrodes and dielectric material. The dielectric 

layer is microstructured to achieve a faster response time and better sensitivity, but 

because of the air gaps, microstructuring causes non-linearity in response. Because of 

the complex structure and microstructuring of the dielectric layer, the fabrication cost 

of the capacitive pressure sensor is very high as compared to piezoelectric and resistive 

pressure sensors. If we compare the linearity of capacitive pressure sensors reported in 

Table 2.3 with piezoelectric and resistive pressure sensors, we can conclude that the 

capacitive sensor can show linearity for a greater range. The response time of the 

capacitive sensor is generally slow because of the greater relaxation time of dielectric 

materials. A capacitive sensor, in combination with an inductor (L) makes an LC 

resonance tank and can be wirelessly energized; because of this wireless energy 
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transmission capability, capacitive pressure sensors are widely used in implantable 

applications.  

Using the wireless communication and powering capability of LC pressure sensors, this 

thesis proposes a novel solution to address the challenges of blood pressure monitoring 

by developing a minimally invasive and non-occlusive continuous blood pressure 

sensor. The sensor, designed to be implanted subcutaneously near the artery, 

incorporates a capacitive pressure sensing element and a planar inductor to enable 

wireless power and communication capabilities through an LC resonant tank circuit. 

This subcutaneous placement offers advantages such as reduced invasiveness, improved 

patient comfort, and minimized risks associated with deep sensor implantation. A 

wireless reader system, resembling a wristwatch band, is used to wirelessly read data 

from the sensor and provide power, eliminating the need for cumbersome wired 

connections. The collected high-density data enables healthcare professionals to analyze 

blood pressure patterns, detect fluctuations, and optimize treatment interventions. This 

subcutaneous blood pressure sensor presents a promising solution for long-term 

monitoring, combining its minimally invasive nature with wireless functionality to 

enhance convenience and usability. 

Table 2.1 Summary of piezoelectric pressure sensors 

Study Materials 

Linear 

operational 

range 

Sensitivity 
Response 

time 

No. of 

cycles 
Size Applications 

Akiyama et 

al. 2006 

[153] 

Pt, AlN, PET 0-400 Ὧὖὥ 30 ὴὅὔ N/A N/A N/A Human pulse wave 

Bu et al. 

2007 [114] 

Pt, AlN, 

Polyimide 
N/A N/A N/A N/A 20×30 άά  

Monitoring of 

respiration and heartbeat 

during sleeping 

Sharma et 

al. 2012 

[115] 

PVDF-TrFE, Au, 

Al, Silicon Wafer 

0-300 άάὌὫ 

(0-40 Ὧὖὥ*)  

0.091 άὠȾ
άάὌὫ*  

170 άί N/A 1.5×1.5 ὧά Catheter applications 

Tseng et al. 

2013 [154] 

PZT, Au, 

Stainless steel 
N/A N/A N/A N/A N/A 

PWV of different 

regions 

Chen et al. 

2015 [112] 

PVDF-TrFE, 

PEDOT: PSS, 

Au-coated 

Kapton, Al, 

PMMA 

0.1-4ὔ 

1-40 Ὧὖὥ*  
458.2 άὠȾὔ N/A 36000 10×10 άά  

Monitoring of breath, 

heartbeat pulse, and 

finger movements 

Chen et al. 

2017 [155] 

BaTiO3 NPs, 

AgNWs, PDMS 
5-50ὔ N/A N/A 2000s N/A 

Monitoring of eye 

blinking, pronunciation, 

arm movement, and 

radial artery pulse 
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Chen et al. 

2017 [156] 

PVDF-TrFE, PU, 

AgNWs, CNTs, 

PDMS 

5.6-43ὔ 

(7.46-57.33 

Ὧὖὥ*)  

7.84 ὠȾὔ N/A 1000 2.5×3 ὧά 
Respiration and radial 

pulse monitoring 

Yong et al.  

2017 [116] 

PZT, Au, 

Sapphire 
30 Ὧὖὥ 

0.018  

Ὧὖὥ 
60 άί 5000 N/A 

Arterial pulse 

monitoring 

Wang et al.  

2017 [157] 

FEP/f-PTFE, Ag, 

PDMS 
10 Ὧὖὥ 900 ὴὅὔ 50 άί 30000 3×3 ὧά 

The motion of the wrist, 

eye blinking, respiration 

rate, radial pulse wave 

monitoring 

 

Table 2.2 Summary of resistive pressure sensors 

Study Materials 

Linear 

operational 

range 

Sensitivity 
Response 

time 

No. of 

cycles 
Size Applications 

Pan et al.  

2014 

[121] 

Polypyrrole, Cu, Au 

Logarithmic 

linear 

relationship 

0-100 Ὧὖὥ 

56 -

133.1 Ὧὖὥ for 

a <30 ὖὥ, 

0.4 Ὧὖὥ for 

>1 Ὧὖὥ 

50 άί 8000 1  ὧά 

E-skin for human-

computer 

applications 

Choong 

et al.  

2014 [40] 

PEDOT: PSS, PDMS 0.37-5.9 Ὧὖὥ 10.3 Ὧὖὥ 200 άί 800 0.9×0.9 ὧά 
Radial pulse 

monitoring 

Gong et 

al.  2014 

[120] 

AuNWs, Au, PDMS 0-5 Ὧὖὥ 1.14 Ὧὖὥ 17 άί 50000 4×5 □□  
Radial pulse 

monitoring 

Tai et al.  

2015 

[158] 

ITO/PET, 

(SWCNT)/alginate 

hydrogel conductive 

spheres 

0-1.4 Ὧὖὥ 

0.398 Ὧὖὥ 

when D =0.6 

άά, 

0.176 Ὧὖὥ  

when D = 1 

άά, 0.149 

Ὧὖὥ when D 

=1.5 άά 

100 άί 3000 
diameter= 6 

άά 

Radial pulse 

monitoring 

Gong et 

al.  2015 

[77] 

AuNWs, Ag paste, 

Latex rubber, nitrile 

rubber, PDMS, Eco-

flex, and PET 

0.01-200 % GF = 9.9 22 άί 5000 N/A 
Radial pulse 

monitoring 

Sosa et al.  

2015 

[169] 

Si 
Only tested 

for 15 Ὧὖὥ 
N/A N/A N/A 1 □□  

General biomedical 

applications 

Lee et al.  

2016 

[159] 

CNTs, Graphene, 

Fluorinated 

copolymer, PET 

0.6-1.5 Ὧὖὥ N/A 20 άί 1000 2×4 □□  

Blood vessel 

pressure after 

wrapping 

Pang et 

al.  2016 

[151] 

Nickel foam, 

Graphene, PDMS 
0-1000 Ὧὖὥ 0.09 Ὧὖὥ 100 άί 10 N/A 

Radial pulse 

monitoring, walking 

state detection 

Zhou et 

al.  2017 

[160] 

Cu-wires, 

PEDOT:PVDF, 

PDMS 

0.002-10 Ὧὖὥ 0.67 Ὧὖὥ 15 άί 7500 N/A 

E-skin for human-

computer 

applications 



 

64 

 

Huang et 

al.  2018 

[168] 

YC-02 organo-silicon, 

Ag paste, 

CB/MWCNTs/SR, 

PDMS, PUR sponge 

0-2 Ὧὖὥ 0.35 Ὧὖὥ 45 άί 2000 10×10×5 άά  

E-skin for human-

computer 

applications 

Chen et 

al.  2018 

[167] 

Carbonized crepe 

paper, Ag paste, Cu 

wires, Printing paper, 

Polyimide tape 

0-20 Ὧὖὥ 
2.56-5.67 

Ὧὖὥ 
30 άί 3000 10x10 □□  

Radial pulse 

monitoring, 

respiration 

monitoring 

Park et 

al.  2018 

[161] 

CNT, Ag paste, 

Polystyrene, PDMS 

0-2 Pa 

<0.5 Ὧὖὥ 

278.5 Ὧὖὥ, 

13.56 Ὧὖὥ 
20 άί 500 3.81×3.81 ὧά 

Radial pulse 

monitoring, voice 

detection 

Jang et 

al.  2019 

[162] 

PEDOT:PSS, Cu tape, 

Ag paste, PDMS 

0-0.7 Ὧὖὥ 

0.7-6 Ὧὖὥ 

62.56 Ὧὖὥ, 

8.32 Ὧὖὥ 
N/A 3000 1×1 ὧά 

Radial pulse 

monitoring 

 

Table 2.3 Summary of capacitive pressure sensors 

Study Materials 

Linear 

operational 

range 

Sensitivity 
Response 

time 

No. of 

cycles 
Size Applications 

Chatzandroulis 

et al.  2000 [39] 

Silicon-Boron, 

Air  

0-300 άάὌὫ 
(0-40 Ὧὖὥ*)  

35 

ὌᾀȾάάὌὫ 
N/A N/A 

Diameter = 

450 όά 
Implantable 

pressure sensing 

Shin et al.  2005 

[42] 

Au, Cu, Blood 

vessel, 

Polyimide 

0-800 άάὌὫ 
(0-106 Ὧὖὥ 

*)  

11.25 

ὯὌᾀ
ȾάάὌὫ 

N/A N/A 8×3.14 □□  

Vessel blood 

pressure after 

wrapping around 

the vessel 

Fonseca et al.  

2006 [17] 

Cu, LCP, 

PTFE, FEP 

70-120 

άάὌὫ 

(9.3-16 

Ὧὖὥ*)  

5.76 

ὯὌᾀ
ȾάάὌὫ 

N/A >30 day 13.1  □□  
Implantable 

pressure sensing 

Mannsfeld et al.  

2010 [78] 

ITO/PET sheet, 

PDMS 
0-2 Ὧὖὥ 

0.55 

Ὧὖὥ 
500 άί >10000 5×5  όά 

E-skin for 

human-computer 

applications 

Li et al.  2010 

[59] 

Ti/Au, PVDF-

TrFE 

0-50 άάὌὫ 

(0-6.6 Ὧὖὥ*)  

22.4 

άὠȾάάὌὫ 

419 

ὌᾀȾάάὌὫ 

< 10 άί >72 h 

Catheter with a 

radius of 1 

άά and length 

of 1.5 άά 

Intracranial blood 

pressure 

monitoring 

Chen et al.  2010 

[27] 

Au/Ti, Parylene 

C 

0-100 άάὌὫ 
(0-13.3 

Ὧὖὥ*)  

160 

ὯὌᾀ
ȾάάὌὫ 

90 άί <100 h 

Diameter= 4 

άά with 

Thickness= 1 

άά 

Intraocular blood 

pressure 

monitoring 

Brox et al.  2011 

[163] 

Ti/Au/Cu sheet, 

Stainless steel, 

Parylene C 

0-200 άάὌὫ 

(0-26.6 

Ὧὖὥ*)  

2 

ὪὊȾάάὌὫ 
N/A N/A 

1.5×1.5×0.2 

 άά  

Biomedical 

applications 

Lei et al.  2012 

[117] 

Cu, PDMS, 

Polyimide 
0-945 Ὧὖὥ 

6.8 

%ὔ  
N/A N/A 28.27  όά 

Plantar pressure 

measurement 

Bingger et al.  

2012 [61] 

PEDOT:PSS, 

RTV-23 

silicone 

0-220 άάὌὫ 

(0-29.3 

Ὧὖὥ*)  

0.18 

ϷȾάάὌὫ 
50 άί <60 h 

40×5×0.5 

 άά  

Vessel blood 

pressure 
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after wrapping 

around the vessel 

Schwartz et al. 

2013 [79] 

PiI2T-Si, 

ITO/PET, 

PDMS, 

Polyimide 

0-60 Ὧὖὥ 
8.4 

Ὧὖὥ  
< 10 άί >15000 1.7 □□  

continuous radial 

artery pulse wave 

monitoring 

Chen et al. 2014 

[26] 

Cu, Polyamide, 

SBS 

0-400 άάὌὫ 

(0-53.3 

Ὧὖὥ*)  

1.93 

ὓὌᾀ
ȾάάὌὫ 

90 άί N/A 2.5×2.5 □□  

Intracranial blood 

pressure 

monitoring 

Boutry et al. 

2015 [30] 

Fe-Mg, 

PHB/PHV, 

PGS 

0-2 Ὧὖὥ 
0.76 

Ὧὖὥ 
In άί >8000 

4×5 array of 

2.42×2.42 

□□  

Cardiovascular 

monitoring 

Nie et al. 2015 

[164] 

ITO/PET, 

Iontronic film 
1-5 Ὧὖὥ 

3.1 

ὲὊὯὖὥ 
In άί >30000 

20×10×0.2 

 άά  

Radial, femoral, 

and 

carotid artery 

pressure 

monitoring 

Park et al. 2016 

[28] 

Cu, Au, Silicon 

wafer, SU-8, 

AZ4620 

0-230 άάὌὫ 
(0-30.6 

Ὧὖὥ*)  

43 ὯὌᾀȾ
άάὌὫ 

N/A N/A 
3.13×3.16 

□□  

Sensor within 

stent 

(Blood vessel 

pressure) 

Deng et al. 2018 

[41] 

Ag, PDMS, 

Polyimide 

0-200 άάὌὫ 
(0-26.6 

Ὧὖὥ*)  

270 

ὯὌᾀ
ȾάάὌὫ 

N/A N/A 5×5 □□  
Wound 

monitoring 

Boutry et al. 

2019 [55] 

Fe-Mg, PGS, 

PLLA, 

POMaC, 

PHB/PHV 

0-300 Ὧὖὥ N/A 320 άί >3000 

Sensor 5×20 

□□  

10×10 □□  

coil 

Monitoring of 

blood flow after 

reconstructive 

surgeries 

 

Table 2.4 Electrical and mechanical properties of conductive materials 

Material 
Resistivity 

(ЏȾ□) 

Youngôs 

modulus 

(╖╟╪) 

Conductivity  

(╢Ⱦ□) 

Poisson 

ratio  

Yield 

strength 

(╜╟╪) 

Tensile 

strength 

(╜╟╪) 

Ref 

Gold (Au) 
2.214 

ρπ 
76 4.516 ρπ 0.415 20 100 [170][171] 

Silver (Ag) 1.59 ρπ 83 6.289 ρπ 0.37 54 140 [171][172][173][174][175] 

Platinum (Pt) 1.05 ρπ 171 9.5239 ρπ 0.39  125-165 [171] [176][177] 

Aluminum (Al)  2.65 ρπ 68.9 3.773 ρπ 0.33 276 310 [171] [172] [178][179] 

Copper (Cu) 
1.724 

ρπ 
130 5.8 ρπ 0.34 70 93-262 [171] [180] 

Nickel (Ni) 6.85 ρπ 207 1.459 ρπ 0.31 59 45 [171][181] 

Graphene 1.7 ρπ 1000 5.882 ρπ 0.18  130500 [182][183] 

Magnesium (Mg) 4.45 ρπ 45 2.247 ρπ 
0.252-

0.289 
90-105 160-196 [171] [184] 
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Indium tin oxide (ITO) 

coated polyethylene 

terephthalate (PET) film 

1 ρπ 116 ~1 ρπ 0.35  0.022 [185] 

Poly(3,4-

ethylenedioxythiophene) 

polystyrene sulfonate 

(PEDOT:PSS) film 

5 ρπ 1.8 200 0.34  42.8 [61][186] 

Polypyrrole gel 4.55 ρπ 1-6 222.22 0.4  20.68 [187][188] 

Gold nanowires 

(AuNWs) of diameter = 

200 nm 

0.142 

ρπ 
70±11 7 ρπ 0.44 3500±1100  [77] [189] [190] 

Carbon nanotubes 

(CNTs) 
1 ρπ 1000 1 ρπ 0.1 170000 63000 [191] [192] 

Single-walled carbon 

nanotubes (SWCNTs) 
1 ρπ 1000 1 ρπ 0.285  

50000-

500000 
[191] [192] 

Multi -walled carbon 

nanotubes (MWCNTs) 
1 ρπ 300-1000 1 ρπ 0.1  10-60 [191] [192] 

 

Table 2.5 Electrical and mechanical properties of the substrate and dielectric materials 

Substrate or dielectric 

materials 

Youngôs 

modulus 

(╖╟╪) 

Poisson 

ratio  

Melting  

temperature 

(oC) 

Dielectric 

constant 

Elastic 

limit 

(%)  

Yield 

strength 

(╜╟╪) 

Tensile 

strength 

(╜╟╪) 
Ref 

Polydimethylsiloxane 

(PDMS) 

~0.36-

0.87 
0.49999 40 2.2-2.75 <218 1.01 3.9-10.8 [193][194][195] 

Styrene-butadiene-

styrene (SBS) 

~2800-

3100 
N/A 180 2-2.8 369 3.4 13.5 [196][197] 

Polyimide 1034-3716 0.34 400 2.8-3.2 72 15-230 23-345 [198][199] 

Poly glycerol sebacate 

(PGS) 
0.04-1.2 0.3 5.23-37.62 N/A 330  0.2-0.5 [165] [200] 

Parylene-C 3200 0.4 290 3.15 200 55 69 [201] 

Room-temperature-

vulcanizing silicone 

(RTV-Si) 

0.2 0.46-0.49 160 3 1000 1.24 2.05 [61][202] 

Poly L-lactic acid 

(PLLA) nanofibers 
1000-4000 0.3 182.4 N/A 2.4 22-26 30-80 [165] 

Polytetrafluoroethylene 

(PTFE) 
575 0.46 327 2.1 450 10 30.5 [203] 

Polyethylene 

terephthalate (PET) 
2800-3100 0.37-0.44 250 3.3 50-150 59.3 55-75 [193] [204] 

Polyurethane rubber 

(PUR) 
6 

0.48-

0.49999 
140 7.1 375 25-51 25-51 [193] 

Polystyrene (PS) 3250 0.34 240 2.5-2.9 3.4 42.11 46 [205] 

Latex rubber (grade óSô 

natural)  
1.5 0.48-0.5 80 3 850  25 [206][207] 

Eco-flex 
~0.02-

0.25 
0.49999 110 3 900  1.37 [193] [208] 

White nitrile rubber 

(NBR) sheet, 1.5 m x 500 

□□ x 3 □□ 

4 0.48-0.5 80 3 250  3 [206][207][209] 
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Polypropylene 1325 0.43 165 2.2 450 12-43 19.7-80 [210][211] 

Lead zirconate titanate 

(PZT) 
40000 0.3 N/A 1800 N/A  N/A [212] 

Polyvinylidene fluoride 

(PVDF) 
2450 0.18 175-180 10 22.5 44 53.5 [212][213][214] 

Poly vinylidene fluoride-

trifluorethylene (PVDF -

TrFE)  

5000 N/A 110 7 40-140 20 60-160 [215] 

Fluorinated ethylene 

propylene (FEP) 
350 0.36 270 2 300 12 14.5-21 [216][217] 

Aluminum nitride (AlN)  331000 0.22 2670 8.9 N/A 300-350 300-350 [218] 

Polymethyl-methacrylate 

(PMMA)  
2450 0.36 110 3 5 58.8-73.2 72 [211][219][220] 

Sapphire 345000 0.29 2040 9.4 N/A 400 1900 [221][222] 
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Chapter 3  
A Clinical Study to Validate Accuracy of State-of-

the-art Wearable BP Devices  

The literature review chapter highlights the importance of continuous monitoring of 

physiological pressure, particularly in the context of long-term blood pressure 

monitoring, which can provide crucial insights into cardiovascular diseases. Extensive 

research studies have been reviewed, yet none of the existing solutions are suitable for 

long-term BP monitoring due to size, wearability, stability, and biocompatibility 

challenges. Chapter 2 provided a detailed review of pressure monitoring solutions under 

research investigations, most of which have not advanced to clinical investigations. 

There are several commercially available solutions, but their clinical accuracy has not 

been reported in the literature. Consequently, at the end of Chapter 2, a hypothesis was 

formulated, suggesting a lack of solutions for long-term BP monitoring and 

emphasizing the need to develop a continuous BP monitoring solution. Therefore, a 

clinical study was needed to validate this hypothesis is presented in this chapter. 

In this study1, three different wearable BP devices, namely BPro, HeartGuide, and 

Heartisan, utilizing tonometric, oscillometric, and photoplethysmographic 

technologies, respectively, were shortlisted. These devices were representing the best 

sample of the most commonly used technologies mentioned above. The local ethics 

committee approved the study with protocol number 2019-06. Data from each device 

was compared against the gold standard brachial sphygmomanometer using the 

ISO81060-2 (2019/A1:2020) protocol. In total, 128 subjects participated in the study, 

with data recorded from all three devices for each subject. However, only 100 subjects 

met the inclusion criteria for the validation analysis. The study's primary endpoint was 

the validation of the three watch-like home blood pressure monitoring devices against 

the sphygmomanometer, per ISO81060-2 (2019/A1:2020) criteria. Secondary 

endpoints included the comparison of adjusted longitudinal BP measurements between 

devices and reporting on device usability. A linear mixed model was employed to 

compare the recorded data from the devices and the reference sphygmomanometer. All 

 
1 The following body of the chapter is exact copy of the paper submitted for the publication in Clinical Research 
in Cardiology. I am the joint first author with equal contribution to the study and publication.  I was involved 
in the initial protocol development, clinical trial, managing the trial data, writing, and proofreading the original 
draft of this manuscript with other co-authors. 
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the devices met the ISO criteria, with the mean difference between the reference device 

(HBPM) and the test device (sphygmomanometer) falling within ±5 mmHg. However, 

the HBPM devices failed to meet the validation criteria for standard deviation, as the 

recorded standard deviation exceeded 8 mmHg. Consequently, none of those, as 

mentioned earlier HBPMs passed the ISO81060-2 (2019/A1:2020) validation criteria 

during this clinical study. This validation confirms that no medical-grade device can 

provide continuous long-term BP monitoring. This work also meets the second 

objective of conducting a clinical validation study using the existing wearable solutions 

for blood pressure monitoring to investigate their accuracy, comfortability, feasibility, 

and possibility for long-term monitoring. The key contributions of this chapter are listed 

below; 

¶ The design and protocol development of the study according to ISO81060-

2 (2019/A1:2020) protocol 

¶ Descriptive analysis of the acquired data to validate the performance and 

usability of three CE-marked wearable HBPM working on tonometric, 

oscillometric, and photoplethysmographic technologies. 
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3.1 Performance of wearable watch-type home blood 

pressure measurement devices in a real-world 

clinical sample 

Abstract: Independent validation of home blood pressure (BP) measurement (HBPM) 

devices is often lacking, particularly among real-world samples of older and multi-

morbid patients. We studied the BPro G2 (using tonometry), Omron HeartGuide 

(using occlusive oscillometric technology), and Heartisans (using 

photoplethysmography) wristwatches, each using different BP measurement 

technologies, against a gold standard brachial sphygmomanometer using the ISO81060-

2 protocol. In addition, we used linear mixed models to compare adjusted longitudinal 

BP measurements between devices. Finally, as a surrogate for usability, we recorded 

instances of device failure where no BP measurement was returned. We enrolled 128 

participants (median [Q1-Q3] age 53 [40-65] years, 51% male, 46% on antihypertensive 

drugs), of whom 100 were suitable for the validation analysis. All three devices had 

mean BP values within 5 mmHg of sphygmomanometry. However, due to insufficient 

reliability (e.g., wider than accepted standard deviations of mean BP), none of the three 

devices passed all the criteria required for ISO81060-2 validation. In adjusted 

longitudinal analyses, the Omron device also systematically underestimated systolic and 

diastolic BP (-8.46 mmHg; 95%CI -10.86, -6.07; p<0.001; and -2.53 mmHg; 95%CI -

4.03,-1.03; p=0.001; respectively). Nevertheless, compared to the Omron device, BPro, 

and Heartisans devices had increased odds of failure (BPro: odds ratio [OR] 5.24; 

95%CI 2.53, 10.86; p<0.0001; Heartisans: OR 5.61; 95%CI 2.71, 11.59; p<0.001). 

Watch-type wearable HBPM devices are promising technologies for the future, but they 

will require improvements to offer reliable BP assessment. This study also highlights 

the need for validation studies specifically designed for non-occlusive BP measurement 

technologies. 

Keywords: Blood pressure, hypertension, wearable blood pressure watches, 

monitoring. 

 

3.2 Introduction  

Approximately 30-45% of adults have hypertension, with a slightly higher 

prevalence in men than women [223]. Hypertension consequently represents the leading 
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global attributable risk factor for premature death, accounting for almost 10 million 

deaths annually [224]. Due to challenges in diagnosing and monitoring high blood 

pressure, less than 20% of hypertensive adults are reported to have a diagnosis and have 

their BP under control [82], [225].  

Home BP measurement (HBPM) by automatic cuff-oscillometric devices, 

traditionally placed on the upper arm for brachial artery BP assessment, have better 

predictive value for cardiovascular (CV) outcomes than clinic measurements [226]ð

[228]. This is despite several potential limitations, which include the lack of nocturnal 

BP information and the fact that BP measured by HBPM under research conditions 

and by trained research participants may not translate well to real-world clinical 

conditions [229]ð[231]. Ambulatory BP monitoring (ABPM) [232] overcomes some 

limitations by recording BP at regular intervals throughout the day, capturing diurnal 

and nocturnal BP variations. Nevertheless, ABPM is limited by patient compliance, 

sleep disturbance, availability, and cost. It is also harder to repeat ABPM over multiple 

days, so HBPM is better to assess temporal trends in BP. As such, HBPM and ABPM 

may be used in a complementary fashion [233]. However, it is vital that the devices used 

by patients have been rigorously validated, preferably by independent investigators. 

The present study aimed to test the validity and usability, in real-world patients, 

of three Conformité Européenne (CE)-marked wearable watchtype BP monitors: BPro 

G2 watch (HealthSTATS Technologies, London, United Kingdom), Omron 

HeartGuide (Omron Healthcare, Kyoto, Japan) and Heartisans watch (Heartisans, 

Hong Kong, Hong Kong). 

3.3 Methodology 

3.3.1 Study Design 

This was a validation study enrolling consecutive participants at University Hospital 

Galway, Ireland. The local ethics committee approved the study with protocol number 

2019-06. Subjects were enrolled after informed consent. Participants were sampled 

pragmatically with minimal inclusion and exclusion criteria and included a mix of 

healthy volunteers, patients attending the outpatient department, and patients admitted 

to the hospital. Inclusion criteria were males and non-pregnant females over the age of 

18, while exclusion criteria were inability to consent to participate in the study and a 

known history of cardiac arrhythmias, including atrial fibrillation. Participant 
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demographic data were collected before BP measurement, along with their hypertensive 

status, anti-hypertensive medical treatment status, and wrist and arm circumference for 

proper device selection.  

3.3.2 Characteristics of the three HBPM monitor devices studied 

¶ BPro G2 watch: This watch is based on tonometry. Like manual palpation, 

tonometry is based on applying external pressure perpendicular to the artery 

using a tonometer. The device is sensitive to tonometer misplacement. For each 

individual user, the BP results generated by this tonometer device have to first 

be calibrated to the BP recorded using a traditional occlusive arm cuff 

measurement device [234]. Automated measurements are then provided by the 

device every 15 minutes.   

¶ Omron HeartGuide: This device is based on standard occlusive cuff 

oscillometry and integrates a miniature cuff in the watch strap. Like brachial 

cuff devices, the user must sit still and initiate the measurement. No calibration 

is required. The watch is placed at heart level to minimize error [235]. Two 

models are available according to the wrist circumference: HEM6410TZM 

(16.019.0 cm) and HEM6410TZL (18.021.5 cm). This device provides BP 

measurements upon user activation. In our study, the Omron device was placed 

on the arm proximally to the other 2 test devices.  

¶ Heartisans watch: This wearable watch is based on technology that leverages a 

one-lead ECG and photoplethysmography (PPG) sensors. The ECG waveform 

provides information of the timing of heart contraction (in other words, the 

onset of ventricular systole), which is approximately when the pulse waveform 

leaves the heart. This pulse waveform then further travels to the distal end on 

the arm, where its signal is read by the PPG sensor, which reflects the change 

in blood volume within each cardiac cycle. The PPG waveform's peak (or foot) 

is then used as the fiducial point for calculating pulse transit time (PTT), the 

difference between the ECG and PPG peak/foot times. Experimental studies 

have shown PTT to be linearly related to BP [236]. However, because BP is 

estimated by this device using PTT, baseline calibration is also first required for 

each user with a traditional occlusive arm cuff measurement device. 

Measurements are provided upon user activation. 
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3.3.3 Blood pressure measurement protocol 

This validity study used a standard operating procedure that followed the 2018 

Association for the Advancement of Medical Instrumentation (AAMI)/American 

National Standards Institute  (ANSI)/International Standardization Organization (ISO) 

81060-2 protocol [237]. As a sensitivity analysis, we tested device validity against a joint 

ISO/European Society of Hypertension (ESH) protocol [237]. This protocol is almost 

identical to the 2018 ISO protocol but also stipulates (a) the reporting of standardized 

Bland-Altman charts demonstrating absolute BP differences within 5, 10, and 15 mmHg 

and (b) the reporting of probability the device will provide a mean test BP reading that 

is within 10 mmHg of the reference. The three devices were tested by a study team 

trained in their use, composed of a technician (taking care of set up of the devices, 

calibration, and measurements), two observers (performing standard manual 

sphygmomanometer measurements as reference measures), and a timekeeper (guiding 

the subsequent measurement sessions throughout the study).  

Prior to commencing BP measurement, all participants were seated comfortably 

for at least 5 minutes with their back and arm supported and with the middle of their 

upper arm at heart level, legs uncrossed, and feet flat on the floor. Of note, each 

participant kept this position throughout the entire duration of the examination. Then, 

the BP measurements were performed as follows: 

¶ A first BP measurement with a Welch Allyn manual aneroid 

sphygmomanometer (calibrated last time in 2019 by the Medical Physics 

Department at the University Hospital in Galway) was taken in both arms and 

according to the study protocol, the arm with the highest BP values was chosen 

to carry out the study; this arm was where the technician placed the 3 watch-

like HBPM devices. 

¶ The 2 observers then took 3 independent and simultaneous BP measurements 

from the chosen arm using a dedicated dual-headset Littmann Master Classic II 

stethoscope (3M Health Care, St. Paul, MN, USA).  

¶ According to the study protocol, the resulting 6 measurements were used by 

each technician to calculate their average, considered the baseline ôreferenceõ 

measurement (R0), which was used to calibrate the BPro and Heartisans devices 

(Omron watch did not require calibration). 
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¶ Then, another reference sphygmomanometer measurement (R1) was taken by 

the 2 independent observers.  

¶ After that, the first ôtestõ BP measurement (T1) was taken consecutively by each 

HBPM device in the following order: BPro (automatic measurement without 

technician launch/activation based on a timer set at 15-minute intervals), 

Heartisans (technician launch), and Omron (technician launch).  

¶ A second reference BP measurement (R2) was taken exactly 15 minutes after 

R1, and repeated test BP measurements by each HBPM device immediately 

after (T2).  

¶ This step was repeated after another 15 minutes (R3 + T3), and a final reference 

measurement (R4) was taken after 15 minutes from R3.  

The 15 minutes gap between measurements was mandated by the automatic BPro 

measurement, with a minimum interval of every 15 minutes set by the manufacturer. 

According to ISO 81060-2 protocol, intervals between the preceding reference 

measurement and the test device measurement (e.g., R1-T1), as well the time between 

the test device measurement and the following reference measurement (e.g., T1-R2), 

must last at least 60 seconds. Study participation ended at R4 time.  

The three devices had to be worn simultaneously on the same arm to avoid repeated 

calibrations during the examination. BP values were recorded directly from the watch 

screen after each measurement, except from the BPro device, which required data 

transfer to its dedicated software for readings. In some occasions, orders of test devices 

measurements could change if failures occurred in order not to delay too much the 

measurement of the next test device. Eventually, failing devices were tested as the last 

ones until success. The complete flowchart of the blood pressure measurement 

protocol is given in Figure 3.1. 
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Figure 3.1 Flowchart of the blood pressure measurement protocol.  
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3.3.4 Statistical analysis 

Continuous variables were presented as mean and standard deviation or as median and 

interquartile range depending on their distribution, whereas categorical variables were 

presented as frequencies (percentages). Examination of continuous variables normal 

distribution was performed with the Kolmogorov-Smirnov test. 

3.3.4.1 Primary Endpoint 

The primary endpoint of this study was validation, according to ISO 81060-2 

criteria, of the three watch-like HBPM devices against a sphygmomanometer. 

According to the ISO 81060-2 standard, a minimum of 85 participants are required to 

determine the accuracy of test devices against the reference sphygmomanometer, of 

which more than 30% of the sample are required to be males and more than 30% 

required to be females. Also, according to ISO, the distribution of reference 

sphygmomanometer BP values (R0) required the following criteria: >5% with systolic 

BP (SBP) ²160 mmHg, >20% with SBP ²140 mmHg, >5% with diastolic BP (DBP) 

¢60 mmHg, >5% with DBP ²100 mmHg, and >20% with DBP ²85 mmHg. Subjects 

whose reference sphygmomanometer BP values (at any of R1, R2, R3, or R4) differ 

substantially for any pair of measures (i.e., observer 1 and observer 2 readings differ by 

12 mmHg for SBP and by 8 mmHg for DBP), were also required to be excluded from 

the analysis. 

Using the remaining subjects, two criteria must be met to validate the device as accurate 

by the ISO 81060-2 standard, and both criteria must be passed for each of the SBP and 

DBP values for validation.  

1) Criterion 1 has two elements: 

i. Accuracy check: the mean difference (ὼ) between the reference 

sphygmomanometer device and the test HBPM device must be between υ 

mmHg. To compare the T1 BP value to the reference BP, we took the mean of 

R1 and R2. Likewise, T2 was compared to the mean of R2 and R3, and T3 was 

compared to the mean of R3 and R4 (as shown in Figure 3.1). 

ii. First reliability check: the standard deviation (ί) of the difference between the 

reference device and the test device must be below ψ mmHg. 

ὼ
ρ

ὲ
ὴ ὴ  
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ί
ρ

ὲ ρ
ὼ ὼ  

for Ὥ ρȟȣȟὲ determinations, with ὴ  is the SBP or DBP measurement from 

the device under test and ὴ  is the corresponding measure from the reference 

sphygmomanometer averaged between two observers. 

2) Criterion 2 is a second reliability check and measures whether the subject's 

individual errors differ substantially from ὼ. Each device must have a subject 

standard deviation (ί ) below a threshold determined by the level of ὼ. 

ί
ρ

ά ρ
ὼ ὼ  

for Ὦ ρȟȣȟά subjects where ὼ is defined as above and ὼ is the average difference 

for subject Ὦ. 

Therefore, in total, there were six elements to pass the ISO 81060-2 standard based on 

ὼ, ί and ί ; for each SBP and DBP. 

3.3.4.2 Secondary Endpoints 

The secondary endpoints of the study were (a) to compare adjusted longitudinal 

BP measurements between devices and (b) to report the usability of each device. These 

secondary analyses were conducted on all participants enrolled (including those 

removed from the primary ISO 81060-2 analyses due to interobserver discordance in 

the reference sphygmomanometer BP values). To compare the adjusted differences in 

SBP and DBP measurements between devices, we used a linear mixed model (LMM). 

Since SBP and DBP were measured repeatedly for each subject, the LMM can account 

for the between-subject variation in BP and the within-subject variation in BP over 

time. For both SBP and DBP, we included an interaction term between the device 

(Observer, BPro, Heartisans, Omron) and time (measured in minutes from the 

beginning of the experiment for each subject). In these linear models, we also included 

the age of the subject (years), gender (female/male), arm (left/right), wrist 

circumference (cm), and whether the subject was taking anti-hypertension medication 
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(no/yes). We reported regression coefficients, which are estimates of mean differences 

between devices in BP in units of mmHg. 

To compare device usability, we estimated the probability of failure for each test device 

(assuming no failures for the observersõ reference sphygmomanometer measurements). 

We defined failure as an instance when the device was activated to record a BP but 

when no measurement was returned. We used a logistic mixed effect model with 

random effects per patient to allow within and between subject variability in the log 

odds of failure. Fixed effects included in the model were the device (Omron, BPro, 

Heartisans), participant age (years), arm (left/right), as well as mean observer recorded 

SBP and DBP (both in mmHg) across R1-R2-R3-R4. Odds ratios (OR) along with 95% 

confidence intervals (95% CI) were reported. A two-sided p-value <0.05 was 

considered to be statistically significant. All analyses were performed using R v4.1 [R 

Core Team (2021). R: A language and environment for statistical computing. R 

Foundation for Statistical Computing, Vienna, Austria]. 

3.4  Results and Discussion 

A total of 128 volunteers were enrolled in the study. Baseline characteristics are listed 

in Table 3.1, while Figure 3.2 shows the distribution of BP values as per observersõ and 

techniciansõ measurements throughout the study. Per-participant SBP and DBP values 

measured by the 3 different devices are shown in Supplemental Figure 3.1S.   

Table 3.1 Baseline characteristics of the overall population (n=128) and of the cohort 
selected following the ISO criteria (n=100). 

Characteristic N = 128 N = 100 

Age, years 53 (40, 65) 53 (41, 65) 

Females 63 (49%) 46 (46%) 

Males 65 (51%) 54 (54%) 

Measurements 

Left arm 60 (47%) 42 (42%) 

Right arm 68 (53%) 58 (58%) 

Arm circumference, cm 27.0 (24.0, 30.1) 27.5 (25.0, 31.0) 

Wrist circumference, cm 18.00 (16.00, 19.00) 18.00 (17.00, 19.00) 

Antihypertensive treatment 46 (36%) 38 (38%) 
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*Continuous variables are presented as median and interquartile range, whereas categorical variables are 

presented as frequencies (percentages). 

 

Figure 3.2 Distribution of observersõ reference (sphygmomanometer) and test (HBPM 
device) blood pressure measurements. (Distribution of systolic blood pressure and diastolic 
blood pressure taken by sphygmomanometer (left panels) and by each test device (right panel) 
during the study. SBP: systolic blood pressure; DBP: diastolic blood pressure; R1: observersõ 
first reference measurement; R2: observersõ second reference measurement; R3: observersõ third 
reference measurement; T1: observersõ first test device measurement; T2: observersõ second test 
device measurement; T3: observersõ third test device measurement.) 

In the overall population (n=128), participants whose reference 

sphygmomanometer measures differed for any pair of measures by 12 mmHg for SBP 

or 8 mmHg for DBP (n=27) were excluded from the primary endpoint analysis, 

according to ISO protocol. One further participant, who had a delirium episode during 

the study examination, was additionally excluded, resulting in a final cohort of 100 

subjects. Supplemental Table 3.1 reports details of the reference BP measurements (R1, 

R2, and R3) using the sphygmomanometer, against which the three test HBPM devices 

were tested for accuracy. 

3.4.1 Primary endpoint 

None of the 3 HBPM devices tested passed all of the 6 ISO criteria for successful 

validation against the reference sphygmomanometer. The BPro, Heartisans, and 

Omron watches passed 4, 2, and 3 out of 6 criteria, respectively, as shown in Figure 3.3. 
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All 3 of the HBPM devices tested passed the first criterion of the ISO protocol, 

consistent with accurate BP values on average, but all 3 failed with respect to at least 

one of the two BP reliability criteria. Accordingly, Figure 3.4 shows the amount of pairs 

of measures (technician - observer) for SBP and DBP inside the ±5 mmHg range of 

ISO criterion 1. 

 

Figure 3.3 Summary of ISO criteria to test the accuracy of BP devices. (To obtain validation, 

in total, there are six elements to pass, limits on ὼ (mean difference), ί (standard deviation), 

and ί  subject standard deviation) for each of SBP and DBP. SBP: systolic blood pressure; 
DBP: diastolic blood pressure.) 

 

Figure 3.4 Differences in pairs of measures in-out-side the ISO range of criterion 1. (The 
amount of pairs of measures (technician - observer) for systolic blood pressure (SBP) and 
diastolic blood pressure (DBP) inside the ±5 mmHg range of ISO criterion 1 was higher with 
BPro (inside 41.2%) compared to Heartisans (inside 29.3%) and Omron (inside 19.4%). 
Colored dots represent each pair of SBP and DBP differences between observer 
(sphygmomanometer) and technician (tested device) measurements. Red ellipse shows ±5 
mmHg SBP and ± 5 mmHg DBP.) 

A sensitivity analysis including only untreated participants (n=62) generated similar 

results, showing that none of the watches were validated according to the ISO standard 

(Supplemental Table 3.2S).  
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 In a sensitivity analysis of the Omron device, we analyzed the ISO criteria 

excluding T1 measurements. We did this because the T1 BP measurement for Omron 

appeared systematically lower than T2 or T3 despite stable R measurements. However, 

even after removing T1 measures, the Omron device did not meet the reliability 

(standard deviation) ISO criterion both for SDB and DBP (Supplemental Table 3.3S).  

 We tested all devices against the ISO/ESH validation protocol in another 

sensitivity analysis. Bland-Altman charts are provided in Supplemental Figure 3.2S. In 

addition to failing the variability criterion of this ISO/ESH protocol, none of the three 

devices tested were able to estimate a mean BP within 10 mmHg of the reference 

standard with greater than 85% probability, indicating insufficient accuracy according 

to the ISO/ESH protocol. 

3.4.2 Secondary endpoint: Linear Mixed Models Comparing 

Adjusted Mean BP Values   

In the longitudinal data analysis inclusive of all enrolled participants (n=128) and using 

BP data from all time points (therefore accounting for temporal trends in BP over serial 

measurements), the Omron device SBP was 8.46 mmHg lower on average compared 

to the observer reference SBP (95% CI 6.07, 10.86 lower; p<0.001). Further, the 

observed average change in SBP during the experiment was different between the 

observer and Omron devices (0.37 mmHg/minute vs. 0.26 mmHg/minute; p<0.001). 

There was no evidence of a difference between reference observer values and either 

BPro or the Heartisans device. 

 Similarly, the Omron device DBP was lower on average compared to observer 

measurements, while no significant difference was reported for BPro or the Heartisans 

device (Supplemental Table 3.4S). On review of the raw visual data, as shown in Figure 

3.2, this systematic underestimation in SBP and DBP in linear mixed models using the 

Omron appeared to be driven by significant underestimation on the first test value from 

the Omron device. Comparable results were obtained using the data from the 100 

subjects included in the ISO criteria analysis (Supplemental Table 3.5S).  

 The application of linear mixed models to subgroups of patients according to 

their hypertension severity and pulse pressure are presented in the supplement 

(Supplemental Table 3.6S and Supplemental Table 3.7S). 
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3.4.3 Secondary endpoint: Usability analysis 

Both the BPro and Heartisans devices had increased odds of failure compared to the 

Omron devices. While the Omron failed in 2.9% of cases, BPro and Heartisans both 

had a failure rate of 11% in the overall population. The BPro odds ratio (OR) was 5.24 

(95% CI 2.53-10.86; p<0.0001). Similarly, the Heartisans OR was 5.61 (95% CI 2.71-

11.59; p<0.001). Older participants tended to have more failures, and for every year of 

age, the odds of failure increased by 4% (OR 1.04; 95% CI 1.01-1.07; p=0.010), as listed 

in Table 3.2).  

Table 3.2 Predictors of BP measurement failure compared to the Omron device (n=128). 

Predictors Odds Ratios 95% C.I. p 

BPro device 5.24 2.53 ð 10.86 <0.001 

Heartisans device 5.61 2.71 ð 11.59 <0.001 

Age, for each year  1.04 1.01 ð 1.07 0.010 

Right arm 0.71 0.30 ð 1.65 0.424 

*C.I: Confidence Interval 

When including only the 100 subjects following the ISO criteria, the results did not 

change (Supplemental Table 3.8S). Looking into the failure rates according to different 

severities of hypertension, the Heartisans device showed an increased risk of failure 

(OR 6.52; 95%CI 2.54-16.73; p<0.001) in the presence of low BP values (SBP<120 and 

DBP<80 mmHg), contrarily to the BPro, which failed more frequently (OR 8.69; 95% 

CI 1.62-46.48; p=0.012) with high BP values (SBP>139 or DBP>89 mmHg). Finally, 

details on time intervals between the reference and test measurements are provided in 

Supplemental Table 3.9S. 

3.4.4 Discussion 

The main findings of this study can be summarized as follows: (1) none of the three 

HBPM devices tested were validated according to ISO criteria due to insufficient 

reliability despite sufficient accuracy; (2) the Omron device underestimated adjusted 

time-averaged BP relative to the reference standard, particularly in the first of the three 

test measurements; and (3) the BPro and Heartisans devices had an increased odd of 

failure compared to the Omron device and the reference standard sphygmomanometer.  

Unfortunately, the marketplace of HBPM devices is currently dominated by non-

validated instruments, with major implications for their adoption for clinical 
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management [24], [238]. A recent analysis suggested that only 8.8% of the devices 

globally sold have passed scientifically accepted validation protocols [239]. 

Furthermore, although based on stringent standards, validation protocols often do not 

reflect the use of the device on and by real-world patients. 

With this background, we aimed to test in an all-comers real-world clinical population 

the accuracy and usability of three different wearable BP devices. In the present study, 

none of the three devices could be considered accurate according to the 2018 ISO 

criteria. We note that 2 of the 3 devices tested have undergone prior validations, as 

summarized below; 

1) The BPro device has been validated in a study following the AAMI standards 

and the ESH protocol [240].  

2) The Omron device has been validated according to ISO 81060-2 [241]. 

3) To our knowledge, the Heartisans device has not undergone a formal validation 

study. 

The differences in our study from prior reports might be due to several reasons. With 

regards to the BPro, the device was validated by the manufacturer on the basis of AAMI 

and ESH protocols. The AAMI standard requires a mean BP difference of Ò5 mmHg 

with a standard deviation of Ò8 mmHg vs. auscultatory reference measurement, 

whereas the ESH protocol requires that the majority of subjects have investigational BP 

readings within Ò5 mmHg of the reference measurement. While these criteria are similar 

to criterion 1 of the 2018 ISO 81060-2 protocol, the 2018 ISO protocol also requires 

an additional criterion (i.e., whether the subjects individual errors differ from the mean 

difference between the tested device and reference measurement), making the 2018 ISO 

validation process more stringent. In addition, although the experimental conditions 

were comparable (both performed in stationary conditions and by trained staff), the 

original BPro validation study involved mostly young and healthy men, contrary to the 

present one, where all-comers volunteers were enrolled. Moreover, in our study, the 

rate of hypertensive participants was higher than the original study (52% vs. 35%), 

possibly contributing to the different findings.  

According to the available evidence, the Omron device is the first watch-type 

wearable BP device to fulfill the ISO 81060-2 criteria [241]. The previously reported 

validation study, which was conducted and supported by the manufacturer (Omron 

Healthcare Co., Ltd., Kyoto, Japan), led to findings that were not confirmed in the 
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present study. Although performed with the same methodology and in a population of 

similar mean age (59 vs. 53 years), our study has some characteristics that may explain 

such discordant results. Firstly, our population was composed of 52% of patients with 

diagnosed hypertension and under hypertensive treatment, while the prior validation 

study does not report whether hypertensive patients under medical treatment were 

included [241]. Secondly, in the prior validation study, the time interval between each 

set of BP measurements was 60 seconds, suggesting very close repeated measurements. 

By contrast, our repeated BP measurements were obtained every 15 minutes as dictated 

by mandated BPro device settings. 

Also of note, in our study, the Omron device showed an average underestimate 

of adjusted time-averaged BP values compared to the Observersõ measures, along with 

a different (lower) average change in SBP and DPB trends during the experiment. 

Figure 2 suggests these results may have been driven by a lower BP recording at T1 

than T2 and T3 (despite the R readings being similar throughout). This finding for 

Omron might be explained by the multiple brachial artery occlusions generated during 

the reference sphygmomanometer measurements prior to T1. The potential ischemic 

effect on the radial artery may have affected the first Omron measurement while not 

impacting the other devices using a different technology [242]. This mechanism could 

also explain the lower changes in BP over the study, when at T2 and T3, the ischemic 

effect may have disappeared.  

Another important aspect investigated in our study concerned the usability of 

the HBPM devices tested. Customers expect a practical and easy device to use in their 

daily routine. In the overall study population, Omron, BPro, and Heartisans failed the 

measurements in 2.9%, 11%, and 11% of cases, respectively. Our model suggests that 

both the BPro and Heartisans devices failed approximately 4-times more than the 

Omron devices. This was particularly common among older participants, who tended 

to have 4% more failures for every additional year of age (OR 1.04, 95% CI 1.01, 1.07; 

p=0.010). Of note, such results derive from measurements performed by expert and 

trained staff in stationary and relaxed conditions of the patients, which is not the setting 

expected in the daily routine. In normal conditions, the failure rate might be even more 

relevant, potentially further reducing the usability of the devices, in particular by elderly 

users.  
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3.4.5 Limitations  

One limitation of our study is that the BPro device required us to use 15-minute 

intervals between measurements. While this could be argued to replicate real-life clinical 

assessments more accurately, this could have introduced some physiologic variability 

into the ISO assessment over and above device measurement variability. However, 

Figure 2 demonstrates that the mean and individual reference BP readings were quite 

stable throughout all reference sphygmomanometer readings (R1, R2, R3), so 

physiologic variability appears minimal. Another limitation of the present study is the 

lack of dedicated validation protocols for cuffless BP devices, such as the BPro and 

Heartisans watches. A recent statement from the European Society of Hypertension 

Working Group on Blood Pressure Monitoring and Cardiovascular Variability 

highlighted that cuffless BP devices have specific accuracy issues, which may render the 

established validation protocols (specifically designed for cuff BP devices) potentially 

less adequate for the validation of cuffless devices. Specifically, the statement highlights 

that cuffless devices can be considered more akin to BP monitoring devices than 

measurement devices (as they monitor BP values after first calibrating the machine 

using a measurement with a cuff-based device) and that the ISO protocol may not be 

as applicable since this protocol requires multiple BP measurements typically be 

obtained in a short space of time (which could favor cuffless devices) [243]. However, 

in our study, we introduced 15-minute delays between BP recordings. In addition, this 

statement was published after our study was completed.  

However, simply because there are no standardized validation protocols to follow 

for cuffless devices [243] does not mean their performance should not be tested against 

a gold standard. Indeed, to not test these devices using the best available methods would 

be regrettable (noting that ôthe enemy of good is perfectõ). By comparing these devices 

against a cuff-based gold standard using the ISO protocol, we provide useful data on 

their performance while awaiting future bespoke validation protocols for cuffless 

devices. It is our opinion that the performance data provided here are better than no 

data at all. Furthermore, the Wearable Cuffless BP Monitors Working Group [244] 

states that one of the 3 prerequisites for the development of a protocol for the validation 

of the cuffless devices is to prove that they can reliably predict BP changes from the BP 

level measured at the calibration point. At present, we argue that the only feasible way 

to study the ability of these devices to predict BP change after calibration is to compare 

these predictions to actual measurements using cuffed devices. 
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3.5 Conclusions 

For the time being, the evidence provided by our study does not support the 

validation of wearable wrist-based devices for home BP monitoring.  
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Chapter 4   
Device Design and Prototype Development 
The primary objective of the project involved the development of a dedicated device 

for measuring physiological pressure, particularly focusing on its utilization in 

monitoring blood pressure (BP). During the initial development phase, a 

comprehensive system was successfully designed and implemented to fulfill this 

objective. A strategic emphasis was placed on integrating the technology into wearable 

devices. 

Furthermore, the device demonstrated its relevance in the context of compression 

wound healing. This application served as a robust testing ground for the technology's 

efficacy. By tracking pressure changes around leg ulcers, the device had the capacity to 

provide insights into the effectiveness of compression treatments. This potential to 

reshape approaches to wound healing underscores the wider importance and possible 

influence on healthcare monitoring. This step allowed for the practical application of 

the device in real-world scenarios. Building on this foundation, the technology 

underwent further refinement to excel in the domain of unobtrusive, long-term blood 

pressure monitoring. 

Chapter 42 focuses on developing thin-film flexible pressure sensors for biomedical 

applications. The chosen sensing mechanism was capacitive, offering wireless power 

and communication benefits over other technologies, such as piezoelectric and resistive 

sensing. Section 4.4.1 of this chapter is related to optimizing the circular LC pressure 

sensor using the design parameter to achieve optimal resonance frequencies and quality 

factors. In this research work, two sensors of different sizes (12 mm and 40 mm in 

outer diameters) were developed to better fit at different positions on the lower leg, 

varying ulcer sizes and varying limb curvatures. The sensors' electrodes were fabricated 

using the wet etching technique, and then a compressible dielectric layer was integrated 

between the top and bottom electrodes. Detailed information on sensor fabrication can 

be found in Section 4.3.2. 

To validate and characterize the performance of the developed sensors, a 

customized test setup was developed using a pneumatic pressure pump, glass bottle, 

 
2 The following body of the chapter is exact copy of the journal article published in Sensors of Multidisciplinary 
Digital Publishing Institute (2020). I am the first lead author in the paper, which is co-authored with my 
supervisors. The conceptualization, methodology, validation, formal analysis, investigation, and visualization 
were also done by me. I led all parts of the work with the support of my supervisors. 
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and vector network analyzer, as described in Section 4.3.3. The sensors were attached 

inside the wall of the pressure bottle, and an external reader coil connected with VNA 

through an SMA cable was used to read the data from sensors wirelessly. The 

experimental results and subsequent discussion, including a comparison with existing 

research, are presented in Sections 4.4 and 4.5, respectively. Overall, the developed 

sensors exhibit good linearity and sensitivity within the 0-100 mmHg range. 

Encouragingly, the sensors also demonstrate promising performance within the broader 

range of 0-300 mmHg, highlighting their potential for various other biomedical pressure 

monitoring applications. Overall, this chapter fulfills the third Objective related to the 

designing and fabrication of initial prototypes of the sensor. The key contributions of 

this chapter are listed below; 

¶ The design optimization of the wireless pressure sensors to achieve optimal 

resonance frequencies and high-quality factors. 

¶ The prototype development of wireless sensors to monitor the pressure in 

compression therapy. 

¶ Sensor characterization for 0-100 mmHg and 0-300 mmHg to highlight the 

potential of the sensor for other medical applications.  
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4.1 Thin -Film Flexible Wireless Pressure Sensor for 

Continuous Pressure Monitoring in Medical 

Applications 

Abstract: Physiological pressure measurement is one of the most common applications 

of sensors in healthcare. Particularly, continuous pressure monitoring provides key 

information for early diagnosis, patient-specific treatment, and preventive healthcare. 

This chapter presents a thin-film flexible wireless pressure sensor for continuous pressure 

measurement in a wide range of medical applications but mainly focused on interface 

pressure monitoring during compression therapy to treat venous insufficiency. The 

sensor is based on a pressure-dependent capacitor (ὅ) and printed inductive coil (ὒ) that 

form an inductor-capacitor (LC) resonant circuit. A matched reader coil provides an 

excellent coupling at the fundamental resonance frequency of the sensor. Considering 

varying requirements of venous ulceration, two versions of the sensor, with different 

sizes, were finalized after design parameter optimization and fabricated using a cost-

effective and simple etching method. A test setup consisting of a glass pressure chamber 

and a vacuum pump was developed to test and characterize the response of the sensors. 

Both sensors were tested for a narrow range (0ð100 mmHg) and a wide range (0ð300 

mmHg) to cover most of the physiological pressure measurement applications. Both 

sensors showed good linearity with high sensitivity in the lower pressure range <100 

mmHg, providing a wireless monitoring platform for compression therapy in venous 

ulceration. 

Keywords: Pressure sensors; compression therapy; thin-film sensors; wireless sensors; 

medical pressure monitoring; capacitive sensors; flexible sensors; LC sensor; wound 

monitoring. 

4.2 Introduction  

Physiological pressure, including intraocular, intracranial, and cardiovascular 

pressure, is a key parameter for the assessment of human health and provides 

opportunities for early diagnosis, personalized therapy, and preventive healthcare [245]. 

Pressure monitoring has been used in diagnosing lower limb problems, muscle 

rehabilitation, and wound monitoring [245][246][247][248]. A common medical 

application of non-invasive pressure sensing is the monitoring of compression therapy 

to treat venous leg ulcers. Venous insufficiency occurs when blood is unable to return 
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to the heart and accumulates in the lower limbs. Chronic venous insufficiency (CVI) 

may cause swelling, pain, edema, and ulcerations [249][250]. The most effective 

treatment for CVI is compression therapy, in which a compression bandage is used to 

apply gradual pressure between the ankle and knee to improve the circulation of blood 

in the lower limb [251][252]. The typical pressure range for compression therapy is 

between 10 and 50 mmHg, where the bandage pressure has direct impact on the healing 

of the ulcer [248][253]. To improve the healing process of venous ulcers, continuous 

monitoring of applied pressure is essential and has become the focus of current research 

and commercial solutions. Clinical evidence suggests that compression therapy 

becomes more effective with a feedback sensing system. This feedback system is 

achieved by using a pressure sensor. Existing solutions that are commonly used in 

clinical practice are accurate and robust, but they are mostly tethered, rigid, bulky, and 

require an additional power supply [246][254][255]. 

The need for wireless, small scale, lightweight, and mobile sensing solutions has 

led current research to focus on miniaturized thin-film and microelectromechanical 

(MEMS) pressure sensing devices [29][256]. Current pressure monitoring technologies 

are generally based on either pneumatic, fluid-filled, piezoelectric, resistive, or capacitive 

working principles [257][258]. In a pneumatic pressure sensing system, the force of 

compression bandage is transferred to air pressure and later this air pressure is 

converted into an electrical signal for further processing [259]. Pneumatic sensors are 

cheap, flexible, and thin but they are not suitable for dynamic pressure applications and 

are prone to temperature drift and hysteresis [251][258]. Fluid-filled pressure sensors 

are similar to pneumatic pressure sensors, where water or oil is used instead of air [260]. 

The main drawbacks of a fluid-filled sensing system are the air bubbles in the fluid, 

leakage risk, and bulkiness [259]. In the piezoelectric sensing technology, when pressure 

is applied on a piezoelectric material, it gets polarized and generates a voltage differential 

across the device. The piezoelectric effect is proportional to the applied pressure on the 

device. Thin-film piezoelectric pressure sensors are used for arterial pulse monitoring 

respiratory rate, and integrated with a catheter for intravascular pressure measurements, 

and biomedical implants [48][46][47]. Piezoelectric pressure sensors are self-powered, 

low cost, and good for dynamic pressure applications, but they are not suitable for static 

pressure measurements due to current leakages [49][50]. In resistive pressure sensing 

technology, the contact area between the active thin-film resistive layer and the 

electrodes changes with the applied pressure so the effective resistance of the sensor 
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changes [261][262]. Resistive pressure sensors are easier to fabricate, faster in response, 

and less expensive than piezoelectric pressure sensors; however, an active power source 

with additional adapting circuitry is required to enable pressure sensing and they are 

very sensitive to temperature [263]. In capacitive pressure sensing technology, the 

distance between capacitor electrodes is a function of the applied pressure. A capacitive 

sensor can be either an active sensing device where the applied pressure can be 

measured by the changes in capacitance or more often a passive wireless sensing device 

by combining it with an inductor coil [252]. The combination of the sensing capacitor 

and inductor coil makes an inductor-capacitor (LC) resonant tank circuit, which makes 

it suitable for wireless sensing via inductive coupling with an external antenna. The 

pressure is measured from relative changes in the resonance frequency of the LC 

resonant tank [264][55][265]. Due to this wireless communication between sensor and 

reader coil, capacitive pressure sensors are more practical for wearable and implantable 

applications as compared to resistive and piezoelectric sensing technologies that 

demand wired connection to communicate. Capacitive pressure sensing technology is 

generally used in MEMS and thin-film pressure sensors. MEMS-based sensors are 

accurate, miniaturized, wirelessly powered, and are widely used in wearable and 

implantable applications [28]. However, MEMS sensors are generally rigid and have a 

complex fabrication process that requires specialized equipment. On the other hand, 

thin-film based capacitive pressure sensors are flexible, less expensive, and simple to 

fabricate [57]. 

In past decades, many commercial solutions have been developed for pressure 

monitoring during compression therapy with growing research focused on lightweight, 

flexible, and wireless sensing systems. PicoPress (Microlab Electronica, Ponte S. Nicolo 

PD, Italy), air-pack type analyzer (AMI Techno, Tokyo, Japan), Kikuhime pneumatic 

transducer (Advancis Medical, Nottinghamshire, UK), Medical stocking tester (MST, 

Salzmann AG (SAG), St. Gallen, Switzerland), SIGaT tester (Ganzoni-Sigvaris, St. 

Gallen, Switzerland), and Oxford pressure monitor MK II (Talley Ltd., Romsey, UK) 

are available pneumatic sensor-based solutions to monitor the pressure during 

compression therapy [266][267][268][269]. A comparative study has confirmed that 

PicoPress and Kikuhime are more accurate compared to SIGaT [266]. PicoPress, 

Kikuhime, MST, and SIGaT are the most common medical devices focused on clinical 

applications, with relatively higher costs compared to stand-alone sensors [248][252]. 
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Because of the pneumatic sensing principle, these systems are not appropriate for 

continuous dynamic pressure measurements [253][269]. 

On the other hand, Quantum tunneling composite (QTC, Peratech, Richmond, 

UK), ThruMode Force Sensing Resistor (FSR, Sensitronics, Washington, DC, USA), 

Interlink FSR (Interlink Electronics Inc., Camarillo, CA, USA), F-Scan (Tekscan, Inc., 

Boston, MA, USA) and Tactilus (Sensor Products Inc., Madison, NJ, USA) are 

commercially available piezoresistive pressure sensors being widely used to measure 

interface pressure during compression therapy [136]. Although these sensors are low-

cost, thin, and flexible, they require a wired connection and additional electronics to 

work which makes the system bulky and impractical for real-time pressure 

measurements [136][270]. 

In addition to the commercially available compression therapy monitoring 

solutions, several research studies on pressure sensors and systems have been reported 

in the literature. Raj et al. [271] used water-filled polymerizing vinyl chloride (PVC) 

envelopes connected to an electrical pressure transducer to measure the interface 

pressure at four positions and reported that only within 6ð8 hours of daily routine 

applied pressure falls significantly. Hafner et al. [272] reported a silicone oil-filled 

pressure sensing system to train healthcare staff for an optimal compression in venous 

ulcer patient management; however, no details about the effect of temperature, 

hysteresis, and dynamic pressure are reported. Barbenel et al. [259] demonstrated a 

pressure sensing system for interface pressure using PVC probes filled with vegetable oil 

and was only limited to a pressure range of 0ð37.5 mmHg. Burke et al. [248] developed an 

interface pressure monitoring system using four commercially available force sensors 

after integrated with a microcontroller and was capable to work in a range of 0ð96 

mmHg. However, there was observed a large hysteresis and lack of repeatability. 

Mehmood et al. [99] reported a telemetric mobile-based sub-bandage for monitoring 

the pressure and moisture of wounds but because of improper integration of 

commercial sensors, the system size was big. Casey et al. [252] reported a wearable 

capacitive flexible pressure sensing technology for sub-acute compression therapy 

monitoring. This flexible sensor array is built on active capacitor-based pressure sensing. 

Therefore, it requires a connected power supply and control unit. Farooqui et al. [138] 

reported a low-cost inkjet-printed wireless sensing system for chronic wound monitoring 

by measuring the pH level and physical pressure at the wound site. Rahimi et al. [273] 

proposed an LC wireless strain sensor for wound monitoring by directly printing the 
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conductive traces on the wound dressing. However, linearity was limited to 35% strain, and 

no details were reported about the repeatability and reliability of the system. Deng et al. [41] 

fabricated an LC wireless sensor for wound monitoring with a sensitivity of 270 

kHz/mmHg in the range between 0 and 200 mmHg. 

The majority of implantable or wearable sensors are based on LC systems due to 

the wireless communication between the sensor and reader coil. Fonseca et al. [274] 

presented a very flexible wireless LC pressure sensor that was rollable and foldable to a 

compact shape for catheter-based delivery. This sensor was tested acutely in vivo for 

greater than 30 days in canine models simulating abdominal aortic aneurysms (AAA). 

Li et al. [59] reported a low-power flexible sensor for intracranial pressure (ICP) 

monitoring with a dual-mode operation in piezoelectric and capacitive modes, accuracy 

and reliability can be improved using dual-mode capability. Chen et al. [27] presented a 

wireless pressure sensor for continuous intraocular pressure monitoring of glaucoma 

patients with a long sensing distance and small physical form factor. Lei et al. [247] 

reported a flexible capacitive pressure sensor for plantar pressure measurements, and 

different ratios of polydimethylsiloxane (PDMS) prepolymer and curing agent were 

mixed to improve the linearity by tweaking the stiffness factor. 

The work presented here shows a flexible thin-film capacitive pressure sensor 

that can be fabricated using a simple, cost-effective etching process. The proposed 

sensor can be used in a wide range of medical applications, including intra and 

extracranial pressure, wound healing, and muscle rehabilitation monitoring, although, 

in this instance, it has been designed mainly for interface pressure monitoring during 

compression therapy. 

Considering varying ulcer sizes, lower limb curvatures, and different positions, 

two versions of the sensor with different sizes were fabricated after optimization of 

their design parameters for best quality factor and resonance frequencies. Nevertheless, 

both sensors are LC resonant tank circuits and work on a capacitive sensing mechanism. 

The optimization of such parameters is reported as analytical results. In the 

experimental work, the performance of these sensors was evaluated over a pressure 

range of 0ð100 mmHg. In addition, both sensors were also tested for a wider pressure 

range of 0ð300 mmHg to suit a varying range of medical applications. 

The rest of the chapter is organized as follows: Section 4.3 describes the 

methodology, including the design, fabrication, and validation of the sensor; Section 4.4 
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presents the results obtained (analytical and experimental); Section 4.5 and Section 4.6 

provide the final discussion and conclusions, respectively. 

4.3 Material and Methods  

The proposed sensor is based on an LC resonance circuit, where the resonance 

frequency of the LC circuit is proportional to the applied pressure. The schematic 

diagram of the wireless sensing system is presented in Figure 4.1a. By placing multiple 

sensors under compression bandages, as shown in Figure 4.1b, an array of wireless 

sensors can be formed to help in delivering a more controlled personalized compression 

therapy for the fast recovery of venous ulcers. A wearable readout band can keep 

records of pressure profiles during the daily routine. 

 
 

(a) (b) 

Figure 4.1 (a) Schematic diagram of wireless LC sensing system showing sensor and reader 
coil connected with a vector network analyzer (b) An application demonstration using flexible 
pressure sensors under the compression bandage. 

4.3.1 Sensor Design 

The LC sensor is designed as a disc capacitor made of two parallel circular 

plates, and the inductor is a planar circular spiral coil located around one of the capacitor 

electrodes suited for a flexible design for a bandageðskin interface. The geometrical 

representations of the sensor and reader are shown in Figure 4.2a b, respectively. The 

resonance frequency (Ὢ  of the proposed LC sensor depends on the inductance 

ὒ  and capacitance ὅ  of the sensor, as given in Equation (4.1): 

Ὢ  
ρ

ς“ ὒὅ
 (4.1) 
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(a) (b) 

Figure 4.2 Geometrical representation of the proposed LC system: (a) LC sensor with a 

capacitor of the radius (ὶ) and planar inductor with an inner diameter ( Ὠ ) shown with a solid 

line, outer diameter ( Ὠ ) shown with a dotted line, trace separation (ί) and trace width (ύ); 

(b) Reader antenna with the same design parameters ( Ὠ ,  Ὠ , ί, ύ). 

The capacitance of the sensor can be calculated as in Equation (4.2): 

ὅ  
‭‭ “ ὶ

Ὠ
 (4.2) 

 

where ‭ is the permittivity of free space, ‭ is the relative permittivity of 

dielectric material in the capacitor, and ὶ is the radius of the disk capacitor. The 

inductance of the planar spiral inductor is calculated using its current sheet expression 

[275], which depends on the inner diameter Ὠ , outer diameter Ὠ  and number of 

turns ὔ, as given in Equation (4.3): 

ὒ  
АὔὨ ὅ

ς
ÌÎὅ †ϳ  ὅ† ὅ†  (4.3) 

where А is the permeability of free space, ὔ is the number of turns, Ὠ  

 , †   ɀ 

  
, and ὅ, ὅ, ὅ and ὅ are the coefficients for the current 

sheet expression, which are 1, 2.46, 0, and 0.2 for a circular design [275]. 

4.3.1.1 Parasitic Components 

The inductive part of the sensor, consisting of circular spirals, can be modeled 

accurately using lumped elements. Its elements are an inductor ὒ , a parasitic 

resistance Ὑ , and parasitic capacitance (ὅ), where ὒ and Ὑ  are in series in 

parallel to ὅ as shown in Figure 4.3a. 
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(a) (b) (c) 

Figure 4.3 Parasitic effects: (a) Lumped model of the spiral inductor showing the inductor (ὒ), 

parasitic resistance and capacitance ; (b) Skin effect on a rectangular conductor, with current 

flowing only in the red area; (c) The parasitic capacitance is due to the air gap between coil turns 

ὅ  and the substrate material ὅ . 

One of the major parasitic effects that play a major role in the quality factor of 

the inductor is the series resistance, which is modeled as Ὑ  in this chapter. A large 

Ὑ  will result in a poor quality factor of the inductor in the sensor and the reader coil. 

This Ὑ  can be represented by Equation (4.4), which includes direct current resistance 

Ὑ  and alternating current resistance Ὑ . 

Ὑ  Ὑ  Ὑ  (4.4) 

Ὑ  can be calculated according to Equation (4.5), where ” is the resistivity of the 

conductor, ὰ is the length of the spiral conductor, ύ is the trace width, and ὸ is the trace 

thickness. 

Ὑ   
”ὰ

ύὸ
 

(4.5) 

For a spiral inductor with ὔ number of turns, outer and inner diameters Ὠ  

and Ὠ , the length of the conductive traces can be calculated using Equation (4.6). 

ὰ  
“ὔὨ Ὠ

ς
 

(4.6) 

The component Ὑ  in Equation (4.4) is affected by the values of Ὑ  and 

Ὑ , which correspond to the skin effect and proximity effect, respectively: 

Ὑ  Ὑ  Ὑ  (4.7) 

The skin effect occurs at higher frequencies when the current does not flow 

through the complete cross-sectional area of the conductor and it starts flowing only 

through its surface, as shown in Figure 4.3b, which increases the effective resistance. In 
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Figure 4.3b, the red color represents the skin depth (‏ for current flow, and the blue 

color shows the area without electric current. This effect is represented by the skin 

depth ‏. The mathematical expression to compute Ὑ  is given in Equation (4.8) 

[276]. Here ‘ is the permeability constant and ‘ is the relative permeability of the 

conductor and Ὢ is the operational frequency. 

Ὑ   , where ‏   
(4.8) 

The proximity effect is another major contributor to Ὑ  that becomes 

significant above a frequency specific to the design, known as crowding frequency, Ὢ . 

In the signal frequencies above Ὢ , magnetic forces surrounding the conductor 

become significant and result in a nonuniform current flow through the conductor. This 

redistribution of the current causes an increase in effective resistance and can be 

calculated through Equation (4.9) [277]. 

Ὑ   , where Ὢ  
Ȣ

 
 

(4.9) 

The parasitic capacitance between the nearby turns can be computed from 

Equation (4.10) [278][279], where ǟ and Ǡ are 0.9 and 0.1, respectively, and represent 

the parasitic contribution due to the air gap between the coil turns and the gap between 

the metallic tracks and the substrate, as shown in Figure 4.3c. ‭ and ‭  are the relative 

permittivity of air and substrate material respectively. 

ὅ  ὅ ὅ   ǟ‭  Ǡ‭  (4.10) 

The value of the self-resonance frequency Ὢ  of an inductor is critical, as 

above this frequency, the parasitic capacitance of the inductor becomes dominant. The 

Ὢ  can be calculated using Equation (4.11) [279]. 

Ὢ   
ρ

ς“ ὒὅ
 

(4.11) 

Finally, the quality factor of the LC sensor is given by Equation (4.12) [280]. 

ὗὊ  
ρ

Ὑ

ὒ

ὅ
 

(4.12) 
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4.3.2 Device Fabrication 

After the optimization of design parameters that is discussed in Section 4.4.1, a 

wet etching process was used to fabricate the two different sensors and their reader 

antennas. Figure 4.4 shows the stages in the fabrication process. In step I, as shown in 

Figure 4.4a, the mask of the sensor was directly printed on a 50 Ǫm thick copper-coated 

polyimide film (Flexible isolating circuit 50 Ǫm-coppered 35 Ǫm-1 side, CIF, Buc, France) 

with a LaserJet printer (HP M553, HP Technology, Dublin, Ireland). In step II, the 

printed copper sheets were immersed in an etchant solution (CIF, Boosted ferric 

chloride solution). After manual stirring for 15 minutes at room temperature, all the 

unwanted copper was removed, as shown in Figure 4.4b, and the patterned sheet was 

washed with hot water. After the etching process, Acetone was used to remove the ink 

particles from the copper surface. In the next step, a polydimethylsiloxane (PDMS) layer 

(Ultra-thin-film, 30° shore A hardness, Silex Ltd, Bordon, UK) of 200 Ǫm thickness 

was cut into a circular shape equal to the diameter of the capacitor electrodes and was 

placed on the bottom electrode as shown in Figure 4.4c. PDMS is widely used as a 

dielectric layer in capacitive pressure sensors due to its low Youngõs modulus and 

compressibility. An adhesive layer composed of polypropylene and synthetic rubber of 

90 Ǫm thickness (Tesa64621, Tesa, Norderstedt, Germany) was placed around the 

PDMS layer, as shown in Figure 4.4d. In the final step, the top layer of the sensor was 

folded onto the PDMS layer for the final assembly of the sensor. Figure 4.4e,f shows 

the top and bottom views of the fabricated sensor. The reader antenna was also 

fabricated by the same etching procedure, and flexible multithread wires were soldered 

to connect with a Sub-Miniature version A (SMA) connector. 

   

(a) (b) (c) 
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(d) (e) (f) 

Figure 4.4 Fabrication process: (a) Copper-coated polyimide film with the ink-printed mask; 

(b) Etched pattern showing capacitor electrodes and planar inductor spirals (c) Dielectric layer 

of PDMS elastomer (d) Adhesive layer placement around the PDMS dielectric (e) Top view 

and (f) bottom views of the LC sensor. 

4.3.3 Device Validation 

To test the fabricated system (sensor with reader coils), a bench-test model was 

developed using a vector network analyzer (VNA E5063, Keysight Technologies Inc., 

Santa Rosa, CA, USA), a high-pressure glass bottle (Pressure+ 1000, Duran, Mainz, 

Germany), and a digital pressure gauge (Traceable 3462, Fisher Scientific Ltd, 

Loughborough, UK), as shown in Figure 4.5. The sensor was placed inside the pressure 

chamber, and its response was recorded using the reader antenna, which was placed 

outside the wall of the chamber. The pressure was varied using a vacuum pump 

(FB70155 Pump, Fisher Scientific Ltd, Loughborough, UK) to produce positive 

pressure inside the chamber, which was measured as well by the digital pressure gauge. 

The input impedance of the VNA was 50 Ý. A frequency sweep was generated from 

the VNA to observe the variation in resonance frequency against the varying pressure, 

and the S parameters of the sensor were recorded simultaneously. 
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Figure 4.5 Bench test setup for sensor validation where the reader coil is connected to a vector 

network analyzer, the sensor is kept inside the pressure chamber, and pressure is varied using a 

pressure pump. 

4.4 Results 

The results presented in this chapter comprise of the outcomes of two types of 

investigation: analytical investigations (Section 4.4.1) and experimental investigations 

(Section 4.4.2). The analytical investigations are performed for the optimization of 

design parameters Ὠ ȟὔȟύȟί to achieve the best quality factor ὗὊ, and lower 

resonance frequencies ὪȢ The experimental investigations are performed to test and 

characterize the performance of the two fabricated prototype sensors on suitable 

testbeds. 

4.4.1 Analytical Results: Numerical Estimation of Sensor 

Parameters 

Sensor optimization was done in two steps. In the first step, the outer diameter 

Ὠ  and the number of turns ὔ  of the inductor were optimized while keeping the 

trace width ύ  and trace separation ί constant. In the second step, after selecting 

the optimal values of Ὠ  and ὔ, both ίȟ and ύ were adjusted to achieve the best 

quality factor ὗὊ with a low resonance frequency Ὢ . 

4.4.1.1 Optimization of Outer Diameter ἬἷἽἼ and Number of Turns Ἒ   

Before the fabrication stage of the sensor, MATLAB numerical modeling was 

performed to achieve the best quality factor ὗὊ within low resonance frequency Ὢ  

range to achieve a better signal-to-noise ratio (SNR). The two different designs of the 

sensor, sensor 1 (S1) and sensor 2 (S2), were characterized according to their individual 

parameters. S1 was modeled for different Ὠ  values, between 36 and 45 mm, and a 

varying ὔ from 1 to 10 while keeping ί = ύ = 500 Ǫm. As can be seen from the data 



 

101 

 

point shown in Figure 4.6, the best ὗὊ was ρπφȢτ, with a correspondent resonance 

frequency of 17.147 MHz, when Ὠ  and ὔ were 45 mm and 10, respectively. 

However, to keep the sensor size small, we selected Ὠ  = 40 mm and ὔ = 10 for the 

fabrication as there was no significant loss in ὗὊ (97.46), and Ὢ was also low (19.188 

MHz). 

 

Figure 4.6 Analysis of S1 quality factor and resonance frequency for different number of 

turns and outer diameters when trace separation and width were kept constant at 500 Ǫm. 

A similar model was computed for S2, as shown in Figure 4.7. In this case, the 

objective was to design a relatively small sensor; therefore, Ὠ  was varied between 10 

and 14 mm and ὔ between 1 and 5 turns, while ί and ύ were kept constant at 500 and 

200 Ǫm, respectively. For S2, the highest ὗὊ was ~32, with a Ὢ of 222.4 MHz for Ὠ  

= 14 mm and ὔ = 5; however, we selected Ὠ  = 12 mm and ὔ = 5 to achieve an 

optimal set of ὗὊ (23.93) and Ὢ (259.44 MHz) against the size of the sensor. 
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Figure 4.7 Analysis of S2 quality factor and resonance frequency for different number of turns 

and outer diameters when trace separation was 500 Ǫm and trace width was 200 Ǫm. 

4.4.1.2 Optimization of Trace width ◌  and Trace separation ▼ 

Trace width and trace separation also affect the ὗὊ and resonance frequency; therefore, 

complete numerical modeling was performed for the selection of the trace geometry. 

ὗὊ and Ὢ were analyzed for different values of ί and ύ, while the number of turns 

and Ὠ  were fixed this time. Both trace width (ύ) and trace gap (ί) were varied within 

the maximum allowable range to fit within the limits of the given sensor size and 

number of turns. For S1, values of ί and ύ were modeled between 200 and 600 Ǫm and 

Ὠ  and ὔ were 40 mm and ρπȟ respectively. As shown in Figure 4.8, the highest ὗὊ 

(103.5) was observed for ί = 325 Ǫm and ύ = 400 Ǫm, with a resonance frequency of 

16.82 MHz. For an equally distributed pattern with a trace width (ύ) and trace gap (ί) 

of 500 Ǫm, a very small loss in ὗὊ (~5%) was observed, therefore, ύ = ί = 500 Ǫm were 

chosen for the design of  S1. 
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Figure 4.8 Analysis of S1 quality factor and resonance frequency for different trace separation 
and trace width when the number of turns and outer diameter were 10 and 40 mm, respectively. 

S2 was modeled by varying ί between 200 and 300 Ǫm and ύ from 200 and 500 

Ǫm while keeping Ὠ  = 12 mm and ὔ = 5 fixed, as shown in Figure 4.9. Maximum 

ὗὊ was 23.93 with a resonance frequency of 259.44 MHz for a combination of ί = 500 

Ǫm and ύ = 200 Ǫm. As both the ὗὊ and the resonance frequency of S2 were very 

sensitive to trace width and separation, the combination of ί and ύ that produced the 

best ὗὊ were chosen for S2. 

 

Figure 4.9 S2 quality factor and resonance frequency analysis for different trace separation 
and trace width when the number of turns and outer diameter were 5 and 12 mm, respectively. 

4.4.2 Experimental Prototype and Results 

After selecting the optimized design parameters Ὠ ȟὔȟίȟÁÎÄ ύ , two 

sensors of outer diameters 40 and 12 mm (shown in Figure 4.10), were fabricated and 

tested using the test bench described in Section 4.3.3. The key design parameters, 
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results, and operating frequencies for both sensors and respective reader coils are listed 

in Table 4.1. 

 

(a) 

 

(b) 

Figure 4.10 Fully labeled images of final prototypes, (a) Fabricated wireless LC resonance 

sensors: left, S1 (40 mm in diameter), and right, S2 (12 mm diameter); (b) Reader coils for S1 

(left) and S2 (right). 
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Table 4.1 Key design parameters and results for both sensors (S1, S2) and their readers (R1, 
R2). 

Parameter/Result 
S1/ R1 

(40 mm) 

S2/ R2 

(12 mm) 

Outer diameter, Ὠ  (mm) 40 12 

Inner diameter, Ὠ   (mm) 20 5.3 

Trace width, ύ (mm) 0.5 0.2 

Trace separation, ί (mm) 0.5 0.5 

Number of turns, ὔ 10 5 

Capacitor electrode radius, ὶ (mm) 7 2 

Dielectric layer thickness, Ὠ (Ǫm) 200 200 

Spiral length, ὰ (mm) 942.5 135.9 

Skin depth, ‏ (Ǫm) 15.15 4.12 

DC resistance, Ὑ  (Ǘ) 0.9371 0.3377 

AC resistance, Ὑ  (Ǘ) 3.7755 17.0536 

Relative permittivity of PDMS [247], ‭ͺ  2.65 2.65 

Calculated resonance frequency, ᾪ  (MHz) 19.188 259.44 

Measured resonance frequency, ᾪ  (MHz) 30.843750 274.10 

Sensitivity, ά (kHz/mmHg) Ĭ8.110 Ĭ65.48 

Capacitance, ὅ (pF) 18.06 1.4743 

Parasitic capacitance, ὅ (pF) 0.72434 0.10442 

Inductance, ὒ (ǪH) 3.8095 0.25572 

Self-resonance frequency, Ὢ  (MHz) 95.81 974.80 

Quality factor, ὗὊ at Ὢ 97.4584 23.92 

 

As discussed in Section 4.2, since bandage pressure varies between 10 and 60 

mmHg during compression therapy, both fabricated sensors were tested for a pressure 

range of 0 to 100 mmHg. The reader coil connected with the network analyzer was 

magnetically coupled with the sensor, and the response of the sensor over varying 

pressures was measured. The measurements from VNA were triggered at an interval of 

5 mmHg for a narrow range of 0ð100 mmHg. These measurements are the reflection 

coefficients (S11 parameter) and are shown in Figures 4.11 and 4.12 for the sensors S1 

and S2, respectively. 
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Figure 4.11 Reflection coefficients (S11 parameter) of S1 for a pressure range of 0 to 100 
mmHg. 

 

Figure 4.12 Reflection coefficients (S11 parameter) of S2 for a pressure range of 0 to 100 
mmHg. 

In addition to compression therapy monitoring, the proposed sensors could be 

used for other medical applications, including physiological pressure measurement. 

Therefore, both sensors were also tested over a wider range of 0 to 300 mmHg that 

covers almost the entire physiological pressure range. The measurements from VNA 

were triggered at an interval of 25 mmHg for a wide range of 0ð300 mmHg. Figures 

4.13 and 4.14 show the measured reflection coefficients (S11 parameter) of S1 and S2 

over this broad pressure range. 
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Figure 4.13 Reflection coefficients (S11 parameter) of S1 for a pressure range between 0 to 
300 mmHg. 

 

Figure 4.14 Reflection coefficients (S11 parameter) of S2 for a pressure range between 0 to 
300 mmHg. 

As the response of both the sensors was linear within the targeted pressure range 

of 0 to 100 mmHg, a first-order polynomial was fitted over the measured response of 

the sensors. The coefficients of the linear fitted model are given in Table 4.2. The 

measure sensor response (dotted) and fitted curve (solid) for both sensors are shown in 

Figure 4.15. 

Table 4.2 Coefficients of the polynomial Equation (Æ0  Í 0 ɼ; where 0 is 

pressure) curve fitting between measured resonance frequencies and applied pressure. 

Parameters S1 (40 mm) S2 (12 mm) 

ά (sensitivty) Ĭ8.11 ĭ 103 Ĭ65.48 ĭ 103 
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‍ (Ὢ) 3.083 × 107 2.74 × 108 

Ὑ  (goodness of fit) 0.9977 0.9989 

  

(a) (b) 

Figure 4.15 Linear model fitting for a pressure range of 0 to 100 mmHg: (a) Measured 
response (dotted) and linear fit (solid) of S1; (b) Measured response (dotted) and linear fit (solid) 
of S2. 

In the sensor response over a wide range of pressure up to 300 mmHg, a 

nonlinearity associated with compression saturation of the dielectric layer was observed 

at higher pressures, as shown in Figure 4.16. Therefore, a second-order polynomial 

function was fitted to the measured response to obtain a model relating the resonance 

frequency to the pressure. The values of R-square (goodness of fit) and the model 

coefficients are listed in Table 4.3. 

  

(a) (b) 

Figure 4.16 Nonlinear model fitting for a pressure range of 0 to 300 ÍÍ(Ç: (a) Measured 
response (dotted) and linear fit (solid) of S1; (b) Measured response (dotted) and linear fit (solid) 
of S2. 

Table 4.3 Coefficients of 2nd order polynomial (Æ0  Á 0 Â 0 ɼ; where 0 is 

pressure) curve fitting between measured resonance frequencies and applied pressure. 

Parameters S1 (40 mm) S2 (12 mm) 

╪ 15.27 77.12 

╫ Ĭ9.797 ĭ 103 Ĭ8.439 ĭ 104 
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♫ (█▫) 3.084 × 107 2.75 × 108 

╡  (goodness of fit) 0.9991 0.993 

To assess the repeatability of pressure measurement with both sensors, the 

response of the sensors for six different pressure points between 0 and 100 mmHg was 

measured repeatedly for 10 cycles. Figures 4.17 and 4.18 show the repeatability of S1 and 

S2, respectively. The mean values of the frequency response against applied pressure 

Ὢ  and standard deviation „ of 10 repeated measurements at 6 pressure points 

(100, 80, 60, 40, 20, 0) mmHg are given in Table 4.4. 
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Figure 4.17 Repeatability of measurements with S1 over 10 cycles. 

 

Figure 4.18 Repeatability of measurements with S2 over 10 cycles. 

 

Table 4.4 Mean value and standard deviation of measured resonance frequencies when both 
sensors were tested under different pressures for 10 cycles. 

Sensor Parameter 
Pressure (mmHg) 

100 80 60 40 20 0 

S1 
Mean, █◊ (MHz)  30.05 30.18 30.32 30.49 30.66 30.86 

Standard deviation, Ɑ (kHz)  22.48 7.48 5.27 4.93 3.01 3.01 

S2 
Mean, █◊ (MHz)  267.64 268.69 270.00 271.29 272.62 274.12 

Standard deviation, Ɑ (kHz)  26.81 80.96 59.86 45.94 42.49 67.49 
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4.5 Discussion 

An LC pressure sensing system is developed to measure the pressure in 

compression therapy due to wireless communication between the sensor and reader 

coil. Optimization of the sensors is essential to achieve the best quality factor and 

resonance frequency while keeping the sensor size limited. Optimized values of outer 

diameter Ὠ  and the number of turns ὔ , trace width ύȟ and trace separation 

ί are listed in Table 4.1. The parasitic components of the sensor, which are parasitic 

capacitance and parasitic resistance at resonance frequency, were analyzed through 

numerical modeling, and their values are reported in Table 4.1. The reported sensors 

were fabricated using a wet etching process, which is cost-effective and very simple but 

comes at the cost of less control on trace widths. In these circumstances, the thinnest 

trace width achieved was 200 Ǫm. Both sensors were characterized using a bench test 

setup that was developed during this research work. Both sensors showed good linearity 

and repeatability for a pressure <100 mmHg. 

As shown in Figure 4.15, the response of both designed sensors was linear over 

a pressure range of 0ð100 mmHg, with a sensitivity of 8 kHz/mmHg for S1 and 65 

kHz/mmHg for S2. The sensor response was observed as nonlinear at the higher 

pressure range of 0 to 300 mmHg, as shown in Figure 4.16. This is due to the nonlinear 

effect of the compression saturation of the dielectric layer of the capacitor in the sensor. 

Up to 100 mmHg, the sensitivity of S1 was 8.11 kHz/mmHg, which was reduced at 

higher pressure due to the dielectric layer saturation. Similar behavior was noticed for 

S2, where sensitivity was 65.48 kHz/mmHg up to 100 mmHg and was reduced when 

the sensor was loaded with higher pressure values. 

Both sensors offered good repeatability, as shown in Figures 4.17 and 4.18, 

for a pressure range <80 mmHg; however, variability in measurements started growing 

in the sensor response for higher applied pressures (>80 mmHg) due to the already 

mentioned hysteresis of the dielectric layer. As it can be noticed from Table 4.4, the 

average repeatability for both the sensors over the pressure range of 0ð100 mmHg is 

slightly larger than the sensitivity per ÍÍ(Ç, and the measurement uncertainty is 

estimated as less than ±1 mmHg. 

From Table 4.1, it can be noticed that ὗὊ of S1 was better than S2, which is due 

to the exponential increase of the ac resistance at higher frequencies for S2 caused by 

the skin effect. In addition, by comparing the amplitude of S parameters of both sensors 
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in Figures 4.13 and 4.14, it is quite clear that S1 has a better signal-to-noise ratio 3.2 

compared to S2. 

There was noticed a difference between the calculated and measured resonance 

frequencies of both sensors (S1 and S2) was due to numerous possible reasons. The first 

possible reason might be the value of the PDMS dielectric constant (‭ͺ , which 

reported between 2.3 and 2.8 in the literature [195]; however, for this research ‭ͺ  

was selected 2.65 as stated in Table 4.1. The second reason for this difference might be 

due to the roughness of conductive traces caused by an over-etching effect during the 

fabrication process. This difference was greater for S1 due to the uneven distribution of 

the dielectric layer and air gaps between the capacitor plates, which were relatively bigger 

as compared to S2. In the future, a more controlled fabrication process can be used to 

improve the etching process and dielectric layer deposition to overcome the mismatch 

between analytical and real values of sensor parameters. 

A comparison of the developed sensors with previously reported systems is 

given in Table 4.5. It includes sensors developed explicitly for wound compression 

therapy and, as an extension, implantable sensors that measure bodily pressures in 

different locations. Although not designed specifically for the application targeted in 

this work, these implantable sensors are based on the same sensing concept of LC 

systems and operate in similar pressure ranges (as shown in Table 4.5). From the 

observation of the values listed in the table, it is noticeable that the sensitivity of the S2 

sensor, 65.48 kHz/mmHg, is comparable with the prototypes reported in the literature. 

In the authorõs view, this is a noteworthy achievement, considering that the sensor 

proposed here is based on a simple and non-expensive fabrication method. By contrast, 

most states of the art sensors are based on microfabrication techniques, which are very 

expensive and laborious. 

Table 4.5 Comparative analysis of this study with the literature. 

Study 
Sensing 

Mechanism 
Methodology 

Linear 

Operational 

Range 

Sensitivity 
Fabrication 

Cost 
Application 

This study Capacitive 

LaserJet printing, 

Copper etching, 

Sandwiching of 

PDMS layer 

0ð100 mmHg 

8.11 

kHz/ mmHg 

65.48 

kHz/ mmHg 

Low 

Interface pressure 

monitoring during 

compression 

therapy 
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Deng et al. 

[41] 
Capacitive 

Si wafer molding, 

PDMS casting, 

Conductive printing, 

Packaging 

0ð200 mmHg 
270 

kHz/ mmHg 
High 

Wound 

monitoring 

Casey et al. 

[252] 
Capacitive 

Micro-machining, Si 

wafer molding, 

Electrode patterning, 

Component 

mounting 

10ð80 mmHg N/A  High 

Sub-bandage 

pressure 

measurements 

Farooqui et 

al. [138] 
Capacitive 

Screen printing, 

Conductive printing, 

Component 

mounting, Packaging 

5ð100 mmHg 
0.0523 

pF/mmHg 
Medium 

Smart bandage 

for chronic 

wounds 

Fonseca et 

al. [274] 
Capacitive 

Standard lithography, 

Wet-chemical 

etching, Laser-

cutting 

70ð120 mmHg 
5.76 

kHz/ mmHg 
High 

Implantable 

pressure sensing 

Chen et al. 

[27] 
Capacitive 

Oxide patterning, 

Coating, and 

patterning, Metal 

deposition, Deep Si 

etching 

0ð100 mmHg 
160 

kHz/ mmHg 
High 

Intraocular 

pressure 

monitoring 

Li et al. 

[59] 
Capacitive Microfabrication 0ð50 mmHg 

0.419 

kHz/mmHg 
High 

Intracranial blood 

pressure 

monitoring 

Rahimi et 

al. [273] 
Inductive 

Corona treatments, 

Laser patterning of 

the mask, Screen 

printing of 

electrodes, 

Temperature curing 

0ð35% 
150 kHz% 

strain 
High 

Wound 

monitoring 

Mehmood 

et al. [99] 

Resistive 

(FSR) 

Off-the-shelf sensors 

integration with 

electronics, 

Biocompatible 

coating 

0ð60 mmHg N/A  Medium 

Sub-bandage 

pressure and 

wound moisture 
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Burke et al. 

[248] 

Resistive 

(FSR) 

Off-the-shelf sensors 

integration with 

electronics 

0ð96 mmHg 
31.27 

mV/ mmHg 
Medium 

Sub-bandage 

pressure during 

venous 

compression 

therapy 

 

4.6 Conclusions 

This work presented the design of a wireless capacitive pressure sensor of low-

cost fabrication for medical applications. In particular, the sensor is designed to be used 

for monitoring of compression therapy in venous leg ulcers. The sensor design was 

optimized to achieve an optimal quality factor and resonance frequency by numerical 

modeling of the design parameters. The proposed thin-film flexible wireless pressure 

sensor was fabricated using a simple, cost-effective fabrication method. Two sensors 

with 40 and 12 mm outer diameters were developed and characterized between 0ð100 

and 0ð300 mmHg to cover the pressure range of compression therapy and the nominal 

range of all other physiological applications. A bench test setup was also developed for 

sensor validation using a glass pressure bottle, pressure pump, and a network analyzer. 

Both sensors showed good sensitivity, linearity, and repeatability for the lower pressure 

regime (0ð100 mmHg). A MATLAB curve-fitting tool was used to model the 

relationship between the shift in resonance frequency and the change in pressure. 

The focus of this research work was on the early prototype development of the 

sensor, which is characterized by the benchtop model. However, in the future, 

improved and miniaturized prototypes will be fabricated by a more controlled 

fabrication process, and an extensive study will be performed on human subjects to 

validate their effectiveness. The miniaturization and replacement of the dielectric 

material used in the proposed sensors with other elastomeric polymers can improve the 

linearity, sensitivity, and repeatability of the sensor and will make it more suitable for 

numerous medical applications. 
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Chapter 5   
Sensor Fabrication Methodology and Process 

Optimization  
 

In Chapter 4, initial prototypes of thin-film pressure sensor were designed, 

optimized, and fabricated using a cost-effective process. The sensor electrodes were 

developed on copper-coated polyimide sheets using the wet etching technique, and a 

PDMS dielectric layer was carefully sandwiched between the top and bottom layers of 

the electrodes (patterned on PI), and a double side tape was used to integrate the top 

and bottom layers. However, upon testing, it became apparent that the double-sided 

tape used for integration did not offer the desired long-term stability for the sensor. 

Addressing this limitation, Chapter3 5 proposed an optimized methodology to achieve 

irreversible bonding between the PDMS and PI layers of the sensor. 

This research employed an epoxy thiol click chemistry technique to achieve irreversible 

bonding. Plasma treatment of the polyimide sheet with sensor electrode patterns and 

premade PDMS sheets was conducted at high RF levels for 45 seconds at 100-130 

mTorr pressure. Subsequently, a 2% (v/v) solution of (3-mercaptopropyl) 

trimethoxysilane (MPTMS) in methanol and a 2% (v/v) solution of (3-

glycidyloxypropyl) trimethoxysilane (GPTMS) in methanol were prepared in a nitrogen 

gas environment. The plasma treated PDMS and PI sheets were immersed in MPTMS 

and GPTMS solutions for 1 hour, followed by a thorough wash with deionized water 

at room temperature. These chemically functionalized sheets of PDMS were then 

sandwiched between PI sheets and kept under pressure for 24 hours. The resulting 

sensor was tested under a pressure chamber for approximately 1 million for a cyclic 

pressure of 45 to 95 mmHg, revealing a cohesive (tearing of the PDMS) failure instead 

of an adhesive failure. This cohesive failure demonstrates the successful irreversible 

bond between the PDMS and PI surfaces, making the sensors suitable for various 

wearable and implantable applications due to improved reliability. The work presented 

 
3 The following body of the chapter is exact copy of the conference paper presented and published in Engineering 
Proceedings in Multidisciplinary Digital Publishing Institute (2022). I am the first lead author in the paper, 
which is co-authored with my supervisors. The conceptualization, methodology, validation, formal analysis, 
investigation, and visualization were also done by me. I led all parts of the work with the support of my 
supervisors. 
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in this chapter significantly contributes to fulfilling objective 3 of the PhD research. The 

key contributions of this chapter are listed below; 

¶ Achieved an irreversible bonding between the PDMS and PI layer of the sensor 

using the click chemistry technique. 

¶ Developed standard operating procedures for methodology to achieve 

irreversible bonding. 

¶ Fatigue testing of the developed sensors to show adhesive and cohesive failures. 
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5.1 An Optimized Methodology to Achieve Irreversible 

Bonding between PDMS and Polyimides for 

Biomedical Sensors 

Abstract: Polyimide (PI) and polydimethylsiloxane (PDMS) are widely used materials 

in biomedical sensor development. The hydrophobic property of PDMS makes it 

difficult to bind with other materials, such as PI, which is commonly used in sensor 

applications. This chapter employs the chemical functionalization of the PDMS and PI 

surfaces via epoxy-thiol click chemistry to achieve irreversible bonding. The bonding 

strength between the PDMS and PI is tested using a peel-off test method where 

adhesive and cohesive failures are observed. To demonstrate the importance of strong 

bonding, a wireless pressure sensor was developed. The sensor is tested for cyclic 

pressures over 1 million cycles with no evidence of bonding failures. This irreversible 

bonding can improve sensor integrity, reliability, and stability, especially for biomedical 

applications.  

Keywords: Polydimethylsiloxane bonding; irreversible bonding; polyimides bonding; 

sensor development; chemical functionalization; pressure sensor 

5.2 Introduction  

Polyimides are one of the common materials used in biomedical devices due to 

their flexible nature and stability during harsh fabrication conditions. Flexible 

electronics such as antennas, light-emitting diodes, and organic transistors are fabricated 

on polyimide substrates [281]. The existing in vitro studies have shown that numerous 

polyimides are nontoxic and biocompatible and show a minor change in their properties 

over a 20-month-long period during incubation in physiological conditions [282]. Due 

to their biocompatible properties, polyimides are widely used in strain sensors, pressure 

sensors [33], and wearable electronics in biomedical applications [283]. 

Polyimides are mostly flexible but cannot be stretched or compressed. Therefore, 

elastomers are used in combination with polyimides to make the device compressible. 

Styrene-Butadiene-Styrene (SBS), polydimethylsiloxane (PDMS), and rubber are 

elastomers most commonly used. Due to the weak adhesion of elastomers with the 

metal, it is difficult to fabricate electrode patterns on the surface of the elastomer 

directly [284]. Therefore, more complex fabrication techniques are used to fabricate the 

electrode directly on the elastomer surface; however, these techniques have limitations 
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in terms of reliability, resolution, stability, performance, and long-term integrity of the 

metallic traces [285]. As a result, electrode patterns are manufactured on a thin layer of 

the extra substrate rather than directly fabricating metallic electrodes on the elastomers.  

Due to the hydrophobic nature of PDMS, the bonding between PDMS and PI is 

challenging; hence, a chemical technique for surface modification has been proposed to 

improve the bonding between PDMS and PI. However, this technique needs a 

specialized vacuum deposition system, increasing the production cost [286]. The epoxy-

thiol click chemistry is a very effective and reliable method for bonding PDMS and PI 

substrates under fairly mild circumstances [284].  

This study has developed a pressure sensor utilizing PDMS and a copper-coated 

PI sheet to highlight the significance of irreversible bonding achieved between PDMS 

and PI using epoxy-thiol click chemistry. This pressure sensor was reported in one of 

our prior studies [33], where the sensor patterns were achieved using a cost-effective 

wet etching technique. To chemically functionalize the surfaces, plasma-treated 

prefabricated PDMS sheets and electrode-patterned PI sheets were immersed in (3-

mercaptopropyl) trimethoxysilane (MPTMS) and (3-glycidyloxypropyl) 

trimethoxysilane (GPTMS), respectively. The final assembly was created after chemical 

treatment, and the sensor was then placed under pressure for 24 hours at room 

temperature. Later, a peel-off test was carried out to gauge the bonding strength, and 

sensor performance was shown. 

5.3 Materials and Methods 

5.3.1 Sensor Designing 

A wireless pressure sensor based on an LC resonance principle was developed 

using a cost-effective and accessible fabrication technique. A circular-shaped sensor was 

designed in AutoCAD 2020, and the geometry of the sensor is shown in Figure 5.1a. 

The central solid disk represents the capacitor ὅȟ while the spiral traces represent the 

inductance ὒ of the sensor. The sensor resonates at the resonance frequency Ὢ , 

which changes with the change in the pressure. The resonance frequency can be 

calculated as:  

Ὢ
ρ

ς“Ѝὒὅ
 (5.1) 
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(a) (e) 

 

 

(b) 

 

(c) 

 

(d) 

 (f) (g) 

Figure 5.1 Sensor designing and fabrication process: (a) Pressure sensor geometry, (b) Ink 

mask printed on copper-coated polyimide sheet, (c) Sensor patterns after etching process, (d) 

Sensor pattern after cleaning with acetone, (e) Plasma treatment of PDMS and polyimide, (f) 

Chemical surface functionalization, (g) PDMS sandwiched between polyimide sheets to make 

the final assembly of the sensor under pressure. 

5.3.2 Sensor Fabrication 

5.3.2.1 Sensor Pattern Development 

Figure 5.1 shows the different stages of the fabrication process. Firstly, the mask 

of the sensor was directly printed on a 50 ʈÍ thick copper-coated polyimide film 

(Flexible isolating circuit 50 ʈÍ-coppered 35 ʈÍ-1 sided, CIF, Buc, France) with a 

LaserJet printer (HP M553, HP Technology, Dublin, Ireland) (Figure 5.1b). In the next 

stage, the printed copper sheet was attached to the PCB holder of the bubble etching 

tank. To remove all the unwanted copper, sodium persulphate is used as an etchant in 

the bubble tank at τυ #ȟ as shown in Figure 5.1c. Acetone and hot water were used to 

remove the ink and residual etchant from the patterned electrodes on the polyimide 

substrate (Figure 5.1d). The conductivity of the inductive traces was tested using the 

short circuit method from a digital multimeter (DMM). These traces were also analyzed 

under the digital magnifier. 
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5.3.2.2 Plasma Treatment of PDMS and Polyimide 

A 200 ʈÍ thick layer of PDMS was cut to the sensorõs dimensions. The PDMS 

and sensor conductive pattern on the flexible polyimide sheets were placed inside the 

glass chamber of the plasma oven. The glass chamber of the plasma oven was 

pressurized to a 100ð130 Í4ÏÒÒ pressure using an oil-free dry oxygen pump (PDC-

OPD-2). The RF level was raised to high for a 45-s plasma treatment on the PDMS and 

polyimide surfaces after reaching the 100ð130 Í4ÏÒÒ pressure. The plasma treatment 

was performed to achieve hydroxylation on the surface of the PDMS and patterned 

polyimide sheet, as shown in Figure 5.1e. 

5.3.2.3 Chemical Solution Preparation and Surface Functionalization 

For the chemical surface activation, (3-glycidyloxypropyl) trimethoxysilane 

(GPTMS, 98%, PRODUCT# 440167) and (3-mercaptopropyl) trimethoxysilane 

(MPTMS, 95%, PRODUCT #175617) sourced from Sigma-Aldrich were used. There 

were prepared from 1% (v/v) solutions of GPTMS in the methanol and MPTMS in the 

methanol in the lab under the nitrogen gas environment. In an alternative version of 

sensor fabrication, 2% (v/v) solutions of GPTMS in methanol and MPTMS in methanol 

were prepared for the chemical surface activation. 

The plasma-treated PDMS and patterned polyimide sheets were placed inside the 

1% (v/v) solution of MPTMS in methanol and GPTMS in methanol for 1 hour to 

achieve the functionalized surfaces of PDMS and Polyimide as shown in Figure 5.1f. 

After 1 hour liquid deposition, these chemically treated PDMS and polyimide sheets 

were washed in deionized water and dried at room temperature.  

For an alternative fabrication of the sensor to test the effect of solution strength 

on bonding, these plasma-treated PDMS and polyimide sheets were immersed in the 

2% (v/v) solution of MPTMS in methanol and 2% (v/v) solution of GPTMS in 

methanol, respectively.  

5.3.2.4 Final Assembling of Sensor 

Later, this chemically functionalized PDMS thin sheet was sandwiched between 

the patterned Polyimide sheet and kept under uniform pressure of 10ð15 Ë0Á for 24 

hours to achieve the irreversible bonding between the PDMS and patterned Polyimide 

as shown in Figure 5.1g. This irreversible bonding between PDMS and Polyimide 

surfaces increases the integrity of the pressure sensor.  
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5.4 Results and Discussion 

This study used a hand-force peel test method to determine the degree of adhesion 

between the PDMS and conductive patterned polyimide. During the peel-off test, it was 

observed that the bonding between the polyimide surface and PDMS is not irreversible 

throughout the sensor area when 1% (v/v) solution of MPTMS in methanol and 1% 

(v/v) solution of GPTMS in methanol were used for chemically surface activation. An 

adhesive failure (surficial bonding between the two different layers of materials fails) 

was observed between the PDMS and polyimide-bonded surfaces, as shown in Figure 

5.2a. As a next step, these plasma-treated PDMS and polyimide sheets were immersed 

in the 2% (v/v) solution of MPTMS in methanol and 2% (v/v) solution of GPTMS in 

methanol, respectively. During the peel-off test, a cohesive failure (when one of the 

bonded materials tear-off instead of surficial bonding failure) was observed instead of 

adhesive failure, as shown in Figure 5.2b.  

  

(a) (b) 

Figure 5.2 Peel-off test (a) Adhesive failure between PDMS and Polyimide (b) Cohesive failure 

of PDMS proofing irreversible bonding between polyimide and PDMS. 

To simulate fatigue testing, the fabricated sensor, the fabricated sensor was placed 

inside the air pressure chamber, and cyclic pressure of 45ð95 ÍÍ(Ç was applied for 

more than 1 million cycles. However, after 1 million pressure cycles, we have seen a 

cohesive failure which means that the bonding between PDMS and Polyimide was 

irreversible using this epoxy-thiol click chemistry technique. 

5.5 Conclusions 

This study has presented an efficient and cost-effective methodology (epoxy-thiol 

click chemistry) to functionalize the Polyimide and PDMS surfaces to achieve an 
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irreversible bonding. Moreover, a wireless pressure sensor was developed using 

chemically functionalized bonding. The bonding strength was tested using the peel-off 

test method. An adhesive failure was observed between PDMS and Polyimide for 1% 

(v/v); however, the 2% (v/v) resulted in a cohesive failure (excellent adhesion) of PDMS, 

which shows the bonding between Polyimide and PDMS was irreversible. Moreover, it 

was observed that the bonding did not fail over the sensorõs 1,000,000 cycles of pressure 

testing, indicating that the sensorõs integrity, dependability, and stability had all 

improved. Future optimization of this epoxy-thiol click chemistry is possible to improve 

the bonding of various sensor materials. 
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Chapter 6   
Development of Bench Model for Preclinical 

Validation of Physiological Pressure Measurement 

Devices  
 

In Chapter 4, the functionality of the sensor prototypes was characterized using a 

pressure chamber made of a glass bottle and vacuum pump. That test setup was limited 

to allowing only adjustments to increase or decrease pressure within the bottle, making 

it challenging to replicate the complex and specific pressure profiles found in actual 

physiological conditions. For instance, blood pressure exhibits dynamic changes, rising 

to its systolic peak, gradually descending to the dicrotic notch, and slightly increasing 

again to reach the dicrotic peak before finally returning to the diastolic value. 

Additionally, heart rates can vary, with normal values around 72 beats/min but ranging 

between 60-100 beats/min in healthy adults. It is thus crucial to accurately characterize 

sensor responses according to these actual physiological pressure profiles, which is a 

central focus of this PhD research. 

Chapter4 6 introduces a custom open-source bench model for preclinical validation of 

physiological pressure measurement devices. The proposed bench model combines an 

off-the-shelf acrylic pressure chamber with a customized Arduino-based control 

system. By incorporating this system, researchers can now generate more realistic and 

diverse pressure profiles, essential for accurately evaluating sensor performance. The 

preclinical bench model can mimic human blood pressure profiles, allowing for a 

controlled pressure variation between 30 mmHg to 400 mmHg and achieving a 

maximum heart rate of 120 beats/min. A customized graphical interface (GUI) was 

developed to customize the pressure wave and streamline the operation of the 

preclinical bench model. This invaluable tool facilitates researchers in comprehensively 

assessing new pressure sensing technologies, from initial prototyping to fatigue life 

testing, before embarking on essential and insightful animal experiments. Moreover, 

 
4  The following body of the chapter is exact copy of the Journal Article currently under peer review in HardwareX 
journal of Elsevier. I am the first lead author in the paper, which is co-authored with my supervisors and Marcin 
Jan Krasny. The methodology, validation, formal analysis, investigation, and visualization were also done by me. 
I led all parts of the work with the support of Marcin Jan Krasny and my supervisors. 
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this chapter's accomplishments make significant progress toward fulfilling the fourth 

objective of this PhD research project. The key contributions of this chapter are listed 

below; 

¶ Introduction of a custom open-source bench model for preclinical validation of 

physiological pressure measurement devices. 

¶ Use of an off-the-shelf acrylic pressure chamber with a customized Arduino-

based control system to create the bench model. 

¶ The ability to generate more realistic and diverse pressure profiles using the 

proposed system enables accurate sensor performance evaluation. 

¶ Mimicking human blood pressure profiles in the preclinical bench model, 

providing a controlled pressure variation range of 30 mmHg to 400 mmHg and 

a maximum heart rate of 120 beats/min. 

¶ Development of a customized graphical interface (GUI) to customize the 

pressure wave and streamline the operation of the bench model.   
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6.1 Open-Source Controller for Dynamic Cardiovascular 

Models 
Abstract: Cardiovascular pressure sensors require dedicated, reliable, and customizable 

performance testing rigs. The devices available on the market, such as pulsatile pumps 

and pulse multipliers, offer limited adaptability to the needs of pressure sensor testing 

or are highly complex tools designed for other purposes. Therefore, there is a strong 

need to provide an adaptable and versatile device to meet early development needs prior 

to animal model testing. Early development requires detailed characterization of the 

sensor performance in a realistic environmental scenario. To address this need, we 

adapted an off-the-shelf pressure chamber with a custom Arduino-based controller to 

achieve rapidly changing pressure, which simulates the profile of human blood pressure. 

The system is a highly customizable tool, and we have experimentally shown that it 

successfully worked in a wide range of pressures from 30 mmHg to 400 mmHg with 2 

mmHg sensitivity. With the adjustment in chamber volume with the water balloon, we 

achieved a cycle rate of up to 120 beats per minute. The device can be operated directly 

from the Arduino IDE or with a customized graphical user interface developed by our 

research group. The proposed system is intended to help other researchers in the 

developmental phase of industrial and biomedical pressure sensors. 

Keywords: Pressure controller, pulse duplicator, pulsatile pump, blood pressure 

phantom, fatigue test 

6.2 Introduction  

Intracranial, intraocular, and cardiovascular pressures are the essential physiological 

signals monitoring that can aid in the early detection, treatment, and prevention of 

human disease states [26], [27], [31]. During the last few years, a great variety of wearable 

and implantable pressure sensors for different physiological pressures monitoring [26], 

[33], [34], [55], [287] have been reported. During their development phase, all these 

sensing solutions require a detailed performance characterization, first in the laboratory 

setting and later in animal and clinical trials. 

The logical first step in the sensor development process is characterizing the sensor 

response under cyclic pressures close to the human blood pressure profile. Human 

pulsatile blood pressure waveform is described with a few core parameters within a 
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single cycle. Specifically, the waveform changes from a minimum value, which is known 

as Diastolic Pressure (DP), to a peak, which is known as Systolic Pressure (SP), and 

then decreases to Dicrotic Notch Pressure (DNP) to increase again to a Dicrotic Peak 

Pressure (DPP) value and come back to DP [288], [289]. The difference between the 

SP and DP is known as pulse pressure (PP) [290]. The commonly accepted values for 

normal blood pressure expressed in millimeters of mercury (mmHg) are 120, 80, 90, 

and 100 for SP, DP, DNP, and DPP, respectively. However, in extreme cases, systolic 

pressure can rise to 370 mmHg, and diastolic pressure can drop to 30 mmHg [290]. 

Another important factor one must consider when designing a pressure sensor is long-

term durability in difficult conditions under cyclic loading. A healthy adult's typical 

blood pressure cycle speed is approximately 60-100 times per minute [291]. This means 

2.6ð4.3 million beats within one month only. These parameters make designing a blood 

pressure sensor challenging, which requires an extremely rigorous lab testing phase. 

Due to these rapid changes within a single blood pressure cycle, the key requirements 

for the pressure sensors are (i) the response time required to detect changes, (ii) stability 

in time, and (iii) durability. Therefore, prior to further testing in animal models, these 

devices can be tested in a pressure chamber mimicking normal and/or extreme pulse 

pressure conditions. The durability and long-term performance of the sensors can be 

tested with fatigue testing [34], which requires long-lasting sensor exposure to oscillating 

pressure conditions.  

As universal testing device rigs, available pulsatile pumps could be applied; however, 

the most common models offer limited reconfigurability options to allow sensor testing 

in extreme case parameters, i.e., pressure control is of limited adjustability, and achieving 

a 1:1 pulse profile replica is often not possible. As more advanced tools, pulse 

duplicators or pulse multipliers could be used. These devices are designed to simulate 

cardiac physiological stress, most commonly for prosthetic valve fatigue testing [292]. 

Several commercial and scientific pulse duplicators are available on the market. For 

example, Rajeev et al. [292] reported a custom-made pulse duplicator for a simulated 

cardiac environment for valve testing, but this system is only adjustable with the 

exchange of hardware components. Cole et al. [133] and Bazan et al. [134] reported a 

software-based cardiac simulator systems designed in LabVIEW. Available pulse 

duplicators are complex and costly devices dedicated for advanced cardiac implant 

development, impractical for sensor testing. 
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This work proposes an open-source pressure chamber controller for testing biomedical 

pressure sensors. The controller is a simple yet reliable Arduino-based system developed 

as a versatile tool, which allows a high level of customization and adaptability to the 

userõs specific needs. We present instructions to alter the commercial pressure chamber 

with electrically controlled solenoid valves to use the system as a dedicated rig for 

developing pressure sensors, their characterization, and fatigue testing. Finally, for ease 

of system operation, we propose a LabVIEW window-based Graphical User Interface 

(GUI) to control the device operation. 

6.3 Hardware description 

The proposed system is composed of a pressure chamber (SR-TEK CT series) 

connected to a pressure pump (Fisherbrand FB 70155). The pressure inside the 

chamber is controlled by two valves (L121V02), inlet and outlet, operated by ZA10AF1 

relays (see Figure 6.1). We use a pressure gauge SMC PSE543-N01 (PG1) to measure 

the pressure inside the chamber, with its voltage output connected to the analog input 

of an Arduino Nano Every board. Additionally, visual pressure readings are provided 

by an optional pressure gauge, SMC ZSE30AF-01-N (PG2), used as a reference for 

pressure values. This meter can also be used for controller calibration purposes, as 

explained in the Validation and characterization section. The systemõs logic is implemented 

in the custom firmware and hardware integrated in the controller built based on the 

Arduino platform.  
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Figure 6.1 General overview of the components of the pressure chamber system proposed in 

this chapter. 

Such a system allows us to regulate the pressure in the chamber in the range from -30 

to 100 kPa (-220 to 775 mmHg) with a voltage output of the pressure gauge (PG1) in 

the range of 1 to 5 V. To increase the stability of the pressure measurement, we use 

Arduinoõs internal voltage reference of 4.3V, which restricts the upper limit of the 

pressure to 86 kPa (645 mmHg). Relays are controlled with a transistor circuit operated 

from digital output pins of the Arduino board, as shown in the circuit schematic Figure 

6.2. 
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Figure 6.2 Relay switching circuit topology. 

At 12 V power supply, ZA10AF1 requires ~200 mA of current in the ON stage, 

within limits (800 mA) of the BC337 transistors (T1) used in the control circuit. 

Moreover, the pulsatile operation of the device allows for additional transistor cooling 

time for the deviceõs reliable operation. To dissipate energy in the relay coils for the 

switching-off phase, a standard 1N4148 signal diode is used as a flyback diode (D2). 

For a visual indication of the working valve (inlet or outlet), an additional blue LED 

(D1) with the appropriate current limiting resistor (R1) is added in parallel to the 

solenoid coil circuit. 

To control the chamber from the PC, we implemented a simple version of 

communication commands based on the Standard Commands for Programmable 

Instruments (SCPI). This allows the user to access and modify all chamber parameters 

during operation. The resulting system can be controlled directly from the Arduino IDE 

using the Serial Monitor to access and change controls on the fly without interfering 

with system operation. Additionally, we have developed a dedicated Graphical User 

Interface (GUI) software for more convenient use as a standalone application in 

LabVIEW 2012. Finally, all Arduino readings of the sensed pressure are sampled at a 

fixed (user-adjustable) sampling rate, allowing for precise signal reconstruction and time 

calculation of the chamber operation. All of this is described in more detail in later 

sections. 

The core software and hardware solutions implemented in this chapter allow others 

to use and/or apply our work in similar projects where there is required: 
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¶ Simple yet reliable and highly customizable hardware circuit for relay control, 

¶ Software control with communication commands (SCPI kind of 

communication for Arduino), 

¶ Reliable sensor readings with the reference voltage, 

¶ Precise signal sampling rate to allow for time control of the signal, 

¶ Device fatigue testing. 

6.4 Design files summary 

Table 6.1 Design file summary 

Design file name File type 

Open 

source 

license 

Location of the file 

SSL_PressureChamber_FW Arduino Firmware MIT https://osf.io/5d4ph/ 

SSL_PressureChamber_GUI LabView MIT https://osf.io/5d4ph/ 

Figures 

(all figures used in the 

chapter) 

Figure 

(PNG/PDF/SVG) 
CC BY-SA https://osf.io/5d4ph/ 

Data 
Dataset 

(Excel file) 
CC BY-SA https://osf.io/5d4ph/ 

6.5 Bill of materials summary 

Table 6.2 below presents all circuit components used in our system with suppliersõ price 

list in euro, including 23% VAT. 

Table 6.2 Bill of materials summary 

Designator Component No. 

Cost per 

unit -

currency 

[EUR]  

Total 

cost - 

currency 

[EUR]  

Source 

of 

material

s 

Materi

al type 

Dedicated 

pressure 

chamber with 

solenoid valves 

SR-TEK CT 

Series, 3 Liters 
1 1000.00 1000.00 

Smartreser

voirs, UK 
Other 

Pressure Gauge 

(PG1) 

SMC, PSE543-

N01 
1 90.00 90.00 

Radionics 

Ltd 
Other 

https://osf.io/5d4ph/
https://osf.io/5d4ph/
https://osf.io/5d4ph/
https://osf.io/5d4ph/
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Pressure Gauge 

(PG2) 

SMC, 

ZSE30AF-01-N 
1 110.00 110.00 

Radionics 

Ltd 
Other 

Pressure Pump 
Fisherbrand FB 

70155 
1 350.00 350.00 

Fisher 

Scientific 
Other 

Arduino 
Arduino Nano 

Every 
1 18.00 18.00 

Radionics 

Ltd 
Other 

Transistor (T1) BC337-40 2 0.14 0.28 
Radionics 

Ltd 

Semicon

ductor 

LED (D1) 
C566DBFECU0

W0351 
2 0.23 0.46 Mouser 

Semicon

ductor 

Flyback diode 

(D2) 
1N4148 2 0.12 0.24 Mouser 

Semicon

ductor 

Resistor (R1) 
10 kÝ, SMD 

0805, 1% 
2 0.12 0.24 Mouser Other 

Resistor (R2) 
1.5 kÝ, SMD 

0805, 1% 
2 0.12 0.24 Mouser Other 

12 V Power 

Supply 

RS Stock No.: 

175-3303 
1 10.0 10.0 

Radionics 

Ltd 
Other 

Prototype 

breadboard 
RS Stock No.: 1 5.00 5.00 

Radionics 

Ltd 
Other 

Terminal block 2 

PIN  
PCB straight 1 1.00 1.00 Mouser Other 

Terminal block 3 

PIN  
PCB straight 3 1.10 3.30 Mouser Other 

Hose Nipple 

(HN)  

RS Stock No.: 

499-3732 
2 5.50 11.00 

Radionics 

Ltd 
Other 

Tee Threaded 

Adapter (TA) 

RS Stock No.: 

367-5922 
3 14.50 43.50 

Radionics 

Ltd 
Other 

Straight 

Threaded 

Adapter (SA) 

RS Stock No.: 

807-564 
3 6.20 18.60 

Radionics 

Ltd 
Other 

Threaded 

Reducer (TR) 

RS Stock No.: 

807-413 
1 10.00 10.00 

Radionics 

Ltd 
Other 

Sealing tape 

PTFE Tape 

RS Stock No.: 

231-964 

1 2.30 2.30 
Radionics 

Ltd 
Other 

Flexible Pipes 

Flexible tube; 1 

meter, 10 mm 

outer diameter 

1 10.00 10.00 
Fisher 

Scientific 
Other 
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6.6 Build Instructions 

In this section, the reader will find instructions on how to assemble the device. All 

required components are listed in the Bill of materials summary (BOM) section, and 

required software tools are listed in the Design files summary section. 

6.6.1 Hardware 

Connect pressure piping to the chamber according to the diagram shown in Figure 6.3. 

Both pressure gauges (PG1 & PG2) are connected via Threaded Reducers (TR) to the 

main piping system assembled from two Tee Threaded Adapters (TA) and two Straight 

Threaded Adapters (SA). As shown in Figure 6.3, we added one extra (optional) set of 

TA & SA to connect a third pressure outlet, which we used for calibration as described 

in the Validation and characterization section. On top of the pipe is a screw valve (delivered 

with the pressure chamber), which can be operated manually and used, e.g., emergency 

pressure release if necessary. All metallic pipe connections are sealed with PTFE sealing 

tape. 

 

Figure 6.3 Pressure chamber with piping, connectors, solenoid valves, and pressure gauges. 

The pump outlet should be connected to one of the solenoid valves, while the 

outlet valve (exhaust valve) can remain open. If the exhaust valve releases pressure too 

quickly for your application, consider partially blocking the exhaust. 

PRESSURE 
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An alternative to the pressure chamber presented in this chapter could be using 

another sealed container (i.e., bottle) with a plastic cup adjusted for the required pipe 

connection. Such a chamber system, without active pressure control, was used in our 

previous work [33]. Solenoid valves with required adapters could then be mounted 

alongside the pipelines. 

The controller board should be soldered according to the circuit diagram shown 

in Figure 6.2. As Arduino digital pins (DP), we use DP2 as the outlet valve and DP3 as 

the inlet valve. Arduino should be connected to a PC with a standard micro-USB cable, 

and a 12 V power supply should be connected to the board via one of the terminal 

blocks. Both pressure gauges are connected to a 12 V power supply, so only one power 

supply is required for device operation. While soldering and assembling the circuit, extra 

care should be taken to keep 12 V power lines insulated and away from Arduino 

connections. Also, for the safety operation of the device, all 12 V power connections 

(i.e., on solenoid valves) should be insulated, and ideally, the controller should be 

encapsulated in the enclosure. The assembled controller is shown in Figure 6.4. 

 

Figure 6.4 Assembled controller, overall dimensions: 5x5 cm, height 3.5 cm. 

6.6.2 Software 

Install Arduino IDE, connect your Arduino controller board with the right 

options from the Tools menu (Board and Port), and compile and upload the sketch 

(SSL_PressureChamber_FW) to the Arduino. 

USB / PC
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Test functionality by connecting with COM port communicator (Tools/Serial Monitor) 

and type: 

IDF  

Arduino controller will return the version of the firmware: 

Smart Sensors Lab Pressure Chamber Controller ver.1.00.08 

As shown in Figure 6.5. 

 

Figure 6.5 Arduino IDE Serial Monitor, example of communication with Smart Sensors Lab 
Pressure Chamber Controller. 

The pressure chamber can now be operated manually from the Arduino IDE 

with the use of text commands typed in the Arduino Serial Monitor, i.e., typing: 

DIASTOLIC, 88 

Changes diastolic pressure to 88 mmHg. 

A list of core parameters with their short description is presented in Table 6.3. 

The list of all parameters accessible to the user is available in the Arduino firmware 

repository. 

Table 6.3 List of core commands used to control Arduino controller with their short 
description. 

PARAMETER 

COMMAND  

VALUE  UNIT  COMMENT  

IDF  - - Identification Query returns the firmware version. 



 

135 

 

PARAMS - - Returns current values of all parameters (including 

internal params) 

BP PARAMS - ADC, 

mmHg 

Returns current settings of pressure parameters in ADC 

and mmHg units 

ADC INTERVAL  xxx µs Time in microseconds [µs] between consecutive pressure 

measurements 

PRESSURE - ADC, 

mmHg 

Returns current chamber pressure 

DIASTOLIC  xxx mmHg Set diastolic pressure value to xxx 

SYSTOLIC xxx mmHg Set systolic pressure value to xxx 

DICROTIC 

NOTCH  

xxx mmHg Set the dicrotic notch value to xxx 

DICROTIC PEAK  xxx mmHg Set the dicrotic peak pressure value to xxx 

START - - Start pressure cycles 

STOP - - Stop pressure cycles 

The user can run fatigue testing by running the device in a cyclic manner. Two 

counters will be updated, and the cycle count number will be stored in the non-volatile 

memory (EEPROM) of the microprocessor. One counter value is for the overall cycles 

of the chamber (this can be of help to investigate troubleshooting and fatigue of the 

relays/chamber itself), while the second one can be zeroed by the user and kept 

increasing throughout the cycle of the experiment. 

6.6.3 GUI 

We developed dedicated GUI software in LabVIEW 2012 for easier device 

operation. The GUI is available as standalone Windows software, and the user can 

follow simple installation instructions from the self-extracting archive. The block 

diagram, which is the graphical code of GUI developed in LabVIEW, is shown in Figure 

6.6, and the user interface (front panel) is explained in the Operation instructions section. 
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Figure 6.6 LabVIEW GUI block diagram. 

6.6.4 Operation instructions 

As described in the previous sections, the user can operate the controller directly 

from the Arduino IDE or use our custom design GUI developed in LabView. 

6.6.5 General operation algorithm and logic (state machine) of the 

Arduino Controller 

The general operation of the Arduino firmware follows the linear logic of a state 

machine implemented within the switch case loop, as shown in the flow diagram in 

Figure 6.7a. After receiving the òSTARTó command, Arduino measures chamber 

pressure at cyclic intervals and controls the operation of the inlet & outlet valves to 

adjust chamber pressure to the desired values set by the user. To increase time and save 

some operational Arduino power, the state machine loop operates on a comparison of 

raw ADC values read from the pressure gauge using Arduinoõs ADC. Translation from 

pressure values in mmHg to ADC values happens only once when initial parameters 

are given by the user (or if they are changed during the device operation). Analogously, 

the user is given chamber pressure values in real-time (displayed in GUI), but the 

translation of ADC values to pressure expressed in mmHg happens on the PC side, as 

explained in the next section. The chamber runs until the Arduino controller receives a 

òSTOPó command from the user. A simple error handling mechanism is implemented 

in the Arduino firmware for safety reasons. This operates on a time intervals basis, and 

if no state change occurs for the set period of time (user-defined), the controller goes 

into emergency mode. All relays are then opened, and pressure from the chamber is 

released. The user is notified of the error mode by fast flashing the Arduinoõs built-in 

diode. 
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Figure 6.7 (a)Arduino firmware flow diagram (b) GUI operation control flow diagram. 

6.6.6 GUI software operation 

We have developed a Windows based application for user interface pressure 

chamber control. The general device operation flow is shown in Figure 6.7b, and the 

application interface is shown in Figure 6.8 

First, the user specifies the valid serial port and baud rate for serial 

communication with the hardware in Figure 6.7b. The user then provides custom values 

for the desired pressure waveform on the Pressure Profile Settings tab. The valid 

combination must meet the following conditions: systolic > dicrotic peak > dicrotic 

notch > diastolic. The update button sends new values to the Arduino controller. An 

error message is displayed in case of an invalid combination, and the user can provide 

the valid combination and click the refresh button again. The user can select the 

Advanced System Configuration Settings tab to configure the hardware via text 

commands. The user can enter a hardware command in the command input text box. 

Then, press the send button to send the command to the hardware. The command's 

response is displayed in the Serial Read field. 

Current pressure parameters are displayed in the upper right corner of the 

program interface. This includes calculated beats per minute (BPM), systolic and 

diastolic pressure values from the pressure waveform data streamed directly from the 

Arduino controller. The pressure values are calculated from ADC codes received from 

the hardware using the linear fit function described in the Calibration section. In the live 
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view of the pressure waveform, a pressure plot is shown to the user. By default, a 12-

second window view is shown for an optimized overview of the current waveform. The 

software calculates the pressure parameters from the pressure measurements delivered 

by the pressure gauge. For the valid calculation of current pressure parameters, a 

minimum of four full cycles are required. 

 

Figure 6.8 Front panel of the GUI application window overview with marked Serial port 
definition and communication settings with details on chamber cycle parameters with tab for 
Advanced system configuration allowing easy access to all the controller features with the use 
of communication protocol. 

6.7 Validation and characterization 

6.7.1 Calibration 

To calibrate the PSE543-N01 (PG1) pressure gauge, the pressure inside the 

chamber was increased between 0 (atmospheric pressure) to 100 mmHg with 25 mmHg 

intervals. The pressure gauge signal was recorded as raw ADC (0-1023 range) values 

with the serial monitor of the Arduino IDE. The corresponding pressure values were 

recorded with the Fisher Traceable 06-664-21 (Figure 6.1) handheld pressure gauge 

connected to the reference pressure gauge outlet shown in Figure 6.3. However, the 

calibration procedure can also be done with a SMC ZSE30AF-01-N (PG2) pressure 

gauge. As stated before, to avoid dependencies on Arduino power supply voltage, we 

use an internal reference voltage of 4.3 V. Figure 6.9 shows the raw ADC values against 

the corresponding pressure values. As expected, the pressure gauge shows a linear 

relationship between the raw ADC values and the pressure in the chamber. We used 

the linear fit function (y=ax + b) to find the parameters of the linear relationship, where 
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the slope was found to be 0.64, and the intercept was 705.6. Later, we use this equation 

to exchange raw ADC values for the corresponding pressure values expressed in mmHg 

units. 

 

Figure 6.9 Calibration of PSE543-N01 pressure gauge. 

6.7.2 Pressure profile with empty chamber vs. variable pulse 

pressure amplitude 

The default values of SP, DP, DNP, and DPP are set to 120, 80, 90, and 100, 

respectively. When the òSTARTó button is pressed, the outlet valve is closed, and the 

inlet valve pressurizes the chamber to the set value of the SP. Then, the state machine 

implemented in Arduino controls valve operation to keep the desired pressure profile 

as requested by the user. In Figure 6.8, an example of the default pressure profile is 

shown. Chamber pressure increases from DP = 80 to SP = 120, then decreases to DBP 

= 90, again increases to DPP = 100, and then decreases to the set value of DBP. SP 

and DP default values are common physiological arterial pressure values measured in 

the human body. The maximum value of SP, minimum value of DP, and beats per 

minute are shown in the upper right corner of the GUI. The chamber used in our study 

was adjusted to simulate the volume of one human lung (approximately 3 liters). The 
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pressure pump used in this setup has a capacity of up to 9.2 liters/minute; thus pressure 

profile achieved with an empty chamber is limited to 42 BPM, as shown in Figure 6.8.  

If one would require faster BPM values and keep the volume of the full 

chamber, a possible approach would be to decrease the Pulse Pressure (PP) amplitude. 

In the above example, PP is set to 40 mmHg (120-80 = 40). However, if the PP would 

be set to 10 mmHg only, the resulting BPM could be increased up to 100 BPM. The 

relationship between pulse pressure and beats per minute is shown in Figure 6.10. The 

values of the SP were varied between 30 to 400 mmHg with an interval of 10 mmHg; 

similarly, DP was varied between 20 to 205 mmHg at an interval of 5 mmHg. All the 

values of both set and measured pressure parameters are available in the project Data 

file (see Design files summary). From Figure 6.10, it can be noticed that there is an inversely 

proportional power relationship between the BPM and PP, which means the smaller 

the PP, the faster the cycle expressed in BPMs. 

Please note the main factor influencing the speed of valve operation is their 

opening time, which, according to the datasheet, is 20 ms [293]. Additionally, due to 

using a 10-bit internal ADC of the Arduino with a 4.3 V reference source, we are limited 

to a pressure reading of 1 ADC corresponding to 2 mmHg of sensing resolution. 
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Figure 6.10 The relationship between the measured PP and BPM. 

6.7.3 Chamber volume vs. beats per minute 

An alternative method to increase the cycle speed (BPM) of the pulse profile is 

to reduce the chamber volume.  

To test this option, we conducted an experiment where the pressure chamber 

volume was changed from empty (2900 ml) to 500 ml with an interval of 300 ml. To 

decrease the free air volume in the chamber, we used balloons filled with water. An 

example balloon with two different water content in the chamber is shown in Figure 

6.1 and Figure 6.3. This experiment was performed with three settings of PP (20 [SP = 

100, DP = 80], 40 [SP = 120, DP = 80], 60 [SP = 160, DP = 80]). All the measured 

BPM values for each PP setting are listed in the project Data file (Design files summary). 

Figure 6.11 shows that there is a non-linear, inversely proportional relationship between 

PP and BPM. Second-order polynomial equations were well-fitted with very high R2 

values, as shown in Figure 6.11. One can see that decreasing the chamber volume to 

only 500 ml, with the default pressure parameters as defined in the section Pressure profile 

with empty chamber vs. variable pulse pressure amplitude, allows achieving BPM values in the 

range of 120. 

y = 1,798.41x-0.98

RĮ = 0.97

0

20

40

60

80

100

120

140

160

0 50 100 150 200 250

B
e
a
t
s
 
p
e
r
 
m
i
n
u
t
e
 

[B
P
M]

Pulse Pressure (PP) [mmHg]



 

142 

 

 

Figure 6.11 BPM at different available chamber volumes when PP = 20 (square markers), 
PP = 40 (circle markers), and PP = 60 (triangle markers). For all PP settings, the dotted line 
shows 2nd order polynomial fit. 

6.8 Summary and Future Work 

As shown in the Validation and characterization section, the chamber pulse 

profile and cycle speed can be adjusted in multiple ways, including pressure parameters 

modification of available chamber volume. Two main limitations of the proposed 

solution are a result of the operational speed of the mechanical valves used, limited to 

20 ms, and the relatively low speed of the pump used in the described system 

configuration. Moreover, accuracy is limited by the resolution of Arduinoõs ADC, 

allowing for measuring pressure chamber with 2 mmHg resolution. If one would require 

better resolution, it should be considered (i) replacing the proposed pressure gauge, (ii) 

including the amplification stage, tuning for the desired pressure range, or (iii) 

implementing an external ADC circuit with better resolution. In future work, we plan 

to develop a dedicated Printed Circuit Board (PCB) for the Arduino controller, with an 

additional feature to directly control the proportional solenoid valves to control inlet 

and outlet airflow speed from the software. Also, control over pressure pump operation 

for security reasons will be implemented. Additionally, on the software & firmware side, 
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we are implementing several error handling procedures to improve the safe operation 

of the chamber. 
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Chapter 7   
Design Optimization of Planar Inductor  
 

The work presented in Chapter 4 was focused on developing circular-shaped LC 

sensors, where the inductive part (L) is responsible for wireless power and 

communication, and the capacitive sensing element (C) facilitates pressure 

measurement. However, these circular sensors were primarily designed for wearable 

applications due to their wider geometry. This PhD research aims to create a minimally 

invasive thin-film flexible pressure sensor that can be injected subcutaneously near an 

artery to enable long-term blood pressure monitoring. Nonetheless, the circular shape 

of the sensor, driven by the planar circular inductive part, posed challenges for compact 

folding, hindering its suitability for minimally invasive subcutaneous implantation. 

Chapter 75 introduces a novel elliptical planar inductor, which outperforms standard-

shaped planar inductors in narrow implantation sites. The elliptical inductor can be 

folded along its major axis, reducing its dimensions and making it ideal for subcutaneous 

implantation. Additionally, the elliptical shape covers a larger area over the artery 

surface, enabling better pulsation sensing. 

There was no existing analytical or numerical model in the literature for elliptical 

planar inductors that can be used at the design and computer validation stages. 

Therefore, a numerical model for the elliptical planar inductor is proposed in this 

chapter. The model efficiently computes inductance and other parasitic components for 

elliptical planar inductors without performing complex computations or simulations. 

An area transformation technique and current sheet expression were employed to 

develop the numerical model, which transforms the design parameters of the elliptical 

planar inductor into circular inductor parameters. By doing so, the existing formulations 

were leveraged, streamlining the design process. The developed numerical model was 

rigorously validated against experimental results, demonstrating a mean error of less 

than 5% and a standard deviation of 3%. Integrating the elliptical planar inductor with 

a sensing element allows a wireless implant to monitor physiological signals in narrow 

 
5 The following body of the chapter is exact copy of the journal article published in Bioengineering of 
Multidisciplinary Digital Publishing Institute (2023). I am the first lead author in the paper, which is co-
authored with my supervisors. The conceptualization, methodology, validation, formal analysis, investigation, and 
visualization were also done by me. I led all parts of the work with the support of my supervisors. 
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implantation sites. The work presented in this chapter completes objective six of this 

PhD project. The key contributions of this chapter are listed below; 

¶ Introduction of the area transformation technique to reuse the existing 

formulation of the standard planar inductors. 

¶ The development of the numerical model for planar elliptical inductors. 

¶ The validation of the proposed numerical model with extensive experimental 

results. 

¶ The proposed numerical model showed comparable accuracy with respect to 

the state-of-the-art model without performing intensive computations.  

¶ This elliptical inductor can be folded into minor dimensions and injected to 

narrow implantation site.  
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7.1 Planar Elliptical Inductor Design for Wireless 

Implantable Medical Devices 

Abstract: Wireless implantable medical devices (WIMDs) have seen unprecedented 

progress in the past three decades. WIMDs help clinicians in better-understanding 

diseases and enhance medical treatment by allowing for remote data collection and 

delivering tailored patient care. The wireless connectivity range between the external 

reader and the implanted device is considered one of the key design parameters in 

WIMD technology. One of the common modes of communication in battery-free 

WIMDs is inductive coupling, where the power and data between the reader and the 

implanted device are transmitted via magnetically coupled inductors. The design and 

shape of these inductors depend on the requirements of the application. Several studies 

have reported models of standard planar inductors such as circular, square, hexagonal, 

and octagonal in medical applications. However, for applications constrained by narrow 

implantable locations, elliptical planar inductors may perform better than standard-

shaped planar inductors. The aim of this study is to develop a numerical model for 

elliptical inductors. This model allows for calculating the inductance of the elliptical 

planar inductor and its parasitic components, which are key design parameters for 

developing WIMDs powered by inductive coupling. An area transformation technique 

is used to transform and derive elliptical inductor formulas from standard circular 

inductor formulas. The proposed model is validated for various combinations of the 

number of turns, trace width, trace separation, and different inner and outer diameters 

of the elliptical planar inductor. For a thorough experimental validation of the proposed 

numerical model, more than 75 elliptical planar inductors were fabricated, measured, 

and compared with the numerical output of the proposed model. The mean error 

between the measured inductor parameters and numerical estimates using the proposed 

model is <5%, with a standard deviation of <3.18%. The proposed model provides an 

accurate analytical method for estimating and optimizing elliptical planar inductor 

parameters using a combination of current sheet expression and area transformation 

techniques. An elliptical planar inductor integrated with a sensing element can be used 

as a wireless implant to monitor the physiological signal from narrow implantation sites. 
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Keywords: Area transformation; circular planar inductor; elliptical inductor; numerical 

model; narrow implantable locations; planar inductor; wireless implantable medical 

devices; wireless connectivity 

7.2 Introduction  

Wireless implantable medical devices (WIMDs) have gained significant attention 

due to their suitability for home monitoring and diagnostic surveillance of various 

devices, including pacemakers, cardiac defibrillators, insulin pumps, and 

neurostimulators [294], [295]. These devices can also enable the monitoring of bone 

repair and joint stress, which are typically evaluated by modeling [296]. WIMDs have 

enabled remote patient monitoring and the delivery of personalized care [109], [297]. 

The wireless linkage distance between the WIMD and the external reader device poses 

a significant challenge while designing and implanting the WIMD inside the human 

body [298], [299]. The wireless linkage range between the implantable device and the 

reader system is impacted by signal losses due to the interposition of body tissue layers 

such as skin, fat, muscle, and others [300]. Electrical inductors are commonly used in 

biomedical implants to provide the wireless power supply or to wirelessly communicate 

with an external reader for monitoring physiological parameters such as pressure [301], 

blood flow [265], temperature [302], and heart rate [26]. In such applications, the planar 

inductors are printed on printed circuit boards (PCB) and are implanted at the target 

location inside the body [276]. Numerous studies have demonstrated the use of a planar 

inductor with a pressure-sensitive capacitive element to develop an LC-based pressure 

sensor for wearable and implantable applications [33], [34], [303]ɬ[305].  

The planar inductors can be of various shapes, such as circular, octagonal, 

hexagonal, and square [306]. The selection of any specific inductor shape depends on 

the application and the implantation site [307]. Square-shaped spirals are most 

commonly used due to their simple layout [308]. To improve the performance of the 

spiral inductor, different polygon-shaped inductors have been reported in the literature 

[309]. Deng et al. [41] reported a pressure sensor made from a capacitor and square-

shaped planar inductor for wound monitoring. Chen et al. [26] reported a wireless 

sensor fabricated using a square-shaped planar inductor to monitor intracranial 

pressure. Park et al. [28] reported a wireless pressure sensor consisting of a capacitive 

element and a squared-shaped planar inductor to integrate inside the biodegradable 

polymer stent for biomedical applications. Chen et al. [27] reported a pressure sensor 

consisting of a circular planar inductor and capacitor to monitor the intraocular 
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pressure. Symmetrically shaped inductors, such as circular, square, and polygons, have 

been the primary choice for these sensor designs due to the availability of mathematical 

models for these shapes of inductors and the needs of the applications.  

Various studies have reported the analytical formulas for circular, octagonal, 

hexagonal, and square-shaped planar inductors [308], [310]ð[312]. However, these 

analytical formulas are not valid for semi-symmetrical shaped inductors. The lumped 

circuit model approach is commonly used to model the spiral inductors and parasitic 

components. However, the expression to calculate inductance showed some 

inaccuracies [312]. The exact inductance for the spiral inductor can be calculated using 

the well-known Maxwell equations [313]. Maha et al. [314] reported a concept of smart 

cities and integrated sensor systems using displacement sensors, where different 

topologies of planar inductors were modeled in ANSYS to optimize the sensor 

response. Iftikhar et al. [315] proposed a method to compute the inductance of a spiral 

inductor with a 7% error; however, this method was only validated for a circular planar 

inductor and may not be valid for other symmetrical or semi-symmetrical geometries. 

Three-dimensional (3D) finite element simulators such as COMSOL Multiphysics 

[316], [317] and ANSYS Maxwell [318] can be used to simulate the inductance for spiral 

inductors with good accuracy [310]. However, these simulators require long and intense 

computational power to verify the inductor design [308], [319].  

In 1962, Grover et al. [320] reported the basic formulas to compute the self-

inductance of the current-carrying electrode. The total inductance is computed by 

adding the nearby electrodeõs mutual inductance. This technique has good accuracy but 

takes a longer runtime to compute the inductance. Moreover, this approach is only 

suitable when the inductor has a whole number of turns [311], [321]. In 1974, 

Greenhouse et al. [311] proposed another approach to computing the inductance of 

squared-shaped micromachined PCB planar inductors. However, this approach cannot 

provide an inductance figure directly from design specifications. Crols et al. [322] and 

Dill et al. [323] reported a simpler formula to compute the inductance of planar 

inductors. Again, typical errors were around 10ð20%, and the analytical model was only 

validated for a square planar inductor with very few samples. Due to the higher 

percentage of errors, these expressions were unsuitable for inductor design and 

optimization [308]. Wheeler et al. [324] reported an expression for computing radio coil 

inductance; however, the proposed expression was only accurate for circular solenoid 

coils. Mohan et al. [308] proposed a simple and relatively accurate model for planar 
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spiral inductors. The authors proposed three approximation techniques in [308]. In the 

first approximation technique, the Wheeler expression was modified, while in the 

second, an expression was derived from electromagnetic principles by approximating 

the sides of the spirals as current sheets. In the third approximation, an expression was 

derived by fitting a mathematical model to a large database of inductors. The average 

error while computing the inductance of the spiral inductor using these approximated 

expressions was found to be between 2 and 3% only. The accuracy of the current sheet 

formula remained between 2 and 3% when the trace separation was smaller than or 

equal to the trace width. However, the error increases significantly when the ratio 

between trace separation and trace width becomes larger. The maximum error was 

found to be 8% when the trace separation was less than or equal to three times trace 

width.  

Andrei et al. [325] reported a technique to model planar inductors through 

Electromagnetic simulation and by fitting a polynomial expression on the S-parameters 

of the experimental square planar inductors. This technique is unsuitable for inductor 

modeling as S-parameters vary with the surrounding environment. Laurent et al. [326] 

reported a comparative study to compute the copper loss of planar inductors at higher 

frequencies between the 2D and 3D simulators with an error of 5ð10% over a frequency 

range of 6 MHz. However, the authors have not reported the results of the inductance. 

Claudia et al. [327] reported planar inductor modeling software (CIBSOC) with a user-

friendly interface that is simpler to use and takes a short time for inductance 

computation. This software performs computation using the current sheet expression 

and can only compute inductance for symmetrical planar inductors.  

Most of the analytical models presented in the literature are geometry-dependent 

and only valid for symmetrical planar inductors [308], [310]ð[312]; therefore, these 

analytical models cannot be applied directly to semi-symmetrical geometries. The 

expression reported by Grover et al. [320] is computationally complex and takes a long 

time to evaluate the inductance; moreover, it was only validated for square geometry. 

The simpler analytical expressions reported by Wheeler [324], Crols [322], and Dill [323] 

show typical errors of between 10 and 20%. The percentage error using the Mohan 

expression also increases if the geometric parameters are not selected within the 

constraint, such as trace separation (Ὓ) å trace width (ὡ) [308]. Finite element 

simulators such as COMSOL Multiphysics [316], [317] and ANSYS Maxwell [318] take 

a long time and high computational power to simulate the inductor, and the simulation 



 

150 

 

cannot be generalized for different geometries [308], [319]. In some of the relevant 

literature, the analytical models are validated against the simulator; however, the 

percentage error tends to increase when results are experimentally compared due to the 

lack of real-life factors in the simulations [308]. The analytical models reported in 

previous publications have limitations due to geometry, design parameters, higher 

percentage error, and complex computations [311], [321]. Moreover, the current 

analytical models do not apply to semi-symmetrical geometry, such as elliptical planar 

inductors, which can be beneficial in catheter applications for narrow-site implantation. 

An elliptical inductor can be integrated with a piezo capacitive sensing element and can 

be used as an LC wireless sensor to monitor physiological parameters such as 

respiration, blood pressure, or intraocular pressure [33], [300], [303], [328], [329]. Due 

to the minimized dimension along the major axis of the elliptical inductor, it can be 

folded into a compact shape and can be delivered to a remote implantation site using a 

catheter or a similar delivery system. Despite this important use-case of elliptical planar 

inductors, no analytical model of elliptical inductors has been reported in the literature 

that computes inductor parameters using simple analytical expressions without the use 

of finite element simulations and provides inductor parameters within a small error 

margin (<5%). 

This study aims to develop a numerical model of elliptical planar inductors that is 

computationally simple and provides inductor parameters that can be verified 

experimentally. The proposed model will allow for the computation of key inductor 

parameters such as inductance and other parasitic components. Elliptical planar 

inductors can be useful in various medical implantable applications where symmetrical 

shapes cannot be used due to narrow implantation site constraints. This has been 

achieved using the existing geometrical theorem to transform the design parameters, 

such as inner diameters (minor and major) and outer diameters (minor and major) of 

the elliptical planar inductor into the inner and outer diameters of a circular planar 

inductor. The proposed model was numerically evaluated using MATLAB and was 

tested for more than 75 inductors while varying the trace width, trace separation, 

number turn, and major-to-minor axis ratio. In this study, more than 75 elliptical planar 

inductors were designed, fabricated, and measured. The proposed model was also 

experimentally evaluated using fabricated elliptical inductors with different design 

parameters. The results of the proposed model were compared and validated with the 
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experimental results. The error was found to be less than 5% with a standard deviation 

of 3.18%, which is comparable with the existing literature. 

7.3 Materials and Methods 

The elliptical planar inductor shape is novel, and there is no existing expression to 

calculate the inductance and other parasitic parameters. An ellipse can be represented 

using an equivalent circular shape using the simple area transformation mathematical 

theorem. Therefore, using this theorem, all the design parameters (inner and outer 

major and minor diameters) of the elliptical planar inductor can be transformed into 

the design parameters (inner and outer diameters) of a circular planar inductor. Figure 

7.1 represents the overall research approach, where it can be seen that the proposed 

numerical model is validated against the experimental results.  

 

Figure 7.1 Overall workflow to optimize the design of elliptical inductors. 

7.3.1 Planar Inductor Design 

As discussed in the introduction, the inductance of the planar inductor depends on 

the geometrical parameters of the inductor design, which include an inner diameter 

Ὠ , outer diameter Ὠ , number of turns (ὔ , trace width ὡ ȟ and trace 

separation ὛȢ The inner or outer diameter of the planar inductor can be calculated 

from Equation (7.1) [330].  

Ὠ Ὠ ςὔὛ ὡ ὡ (7.1) 

Equation (7.2) represents the analytical formula to calculate the inductance of 

symmetrically shaped planar inductors [308]. Equation (7.2) is derived explicitly for 

circular, octagonal, hexagonal, and square-shaped planar inductors [308], as shown in 

Figure 7.2. In Equation (7.2), ὅ, ὅ, ὅȟ and ὅ are geometrical constants and their 

values are given in Table 7.1 [308]. 
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(a) (b) (c) (d) 

Figure 7.2 Symmetrical spiral planar inductors (a) square (b) Hexagonal (c) Octagonal (d) 
Circular. 

Table 7.1 Geometrical coefficients for current sheet expression [308]. 

Layout ╒  ╒  ╒  ╒  

Circular 1 2.46 0 0.2 

Octagonal 1.07 2.29 0 0.19 

Hexagonal 1.09 2.23 0 0.17 

Square 1.27 2.07 0.18 0.13 

 

Here Ὠ  is the average diameter of the planar inductor, and † represents the fill 

ratio of the inductor, which is an indicator of how hollow the inductor is; a smaller † 

corresponds to a hollower inductor and Ὠ  and Ὠ  are approximately similar. From 

Equations (7.1) and (7.2), it is evident that the inductance of the planar inductor 

depends on the inductorõs geometrical parameters. From Figure 7.2, it can be observed 

that all the planar designs are symmetrical in shape. The constants listed in Table 7.1 

are specifically computed for symmetrical shapes. If the shape of the inductor becomes 

asymmetrical or semi-symmetrical, then these constants cannot be used directly. The 

elliptical planar inductor is a semi-symmetrical shape; therefore, the inductance of the 

elliptical inductor cannot be directly calculated from Equation (7.2) in combination with 

the constants given in Table 7.1. In the current study, an area transformation concept 
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(7.2) 
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is used to calculate the inductance of an elliptical planar inductor using a simple 

mathematical translation technique.  

7.3.2 Area Transformation Technique to Model Elliptical Planar 

Inductor 

In this chapter, an area transformation technique is used to transform the area of 

an elliptical shape into a circular shape [331]. In this approach, the inductance of the 

elliptical planar inductor (ὒ ) is estimated by translating the area of the ellipse 

(ὃ  into the area of the circle ὃ  by using mathematical transformation 

formulas [331]. Using this technique, the design parameters of the elliptical planar 

inductors are transformed into a circular planar inductor, and all the circular planar 

inductor formulas can be reused. Figure 7.3 represents the schematic flow of the 

transformation of the ellipse area into the area of the circle.  

 

  

(a) (b) 

Figure 7.3 Area transformation technique (a) Ellipse area transformation to a circular shape 
(b) Elliptical planar inductor transformation into the circular planar inductor. 

Figure 7.3a shows an ellipse with a minor radius ὶ  and major radius ὶ ȟ which 

can be transformed into a circle with a radius ὶ using Equations (7.3)ð( 7.5). 

Equations (7.6) and (7.7) represent the radius (ὶ and diameter Ὠ  of the translated 

circle.  

ὃ   ὃ  (7.3) 
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While, 

ὃ  “ ὶ ὶ  (7.4) 

ὃ   “ ὶ (7.5) 

 

substituting Equations (7.4) and (7.5) into Equation (7.3), 

“ ὶ “ ὶ ὶ   

ὶ ὶ ὶ  (7.6) 

Ὠ ςὶ ὶ  (7.7) 

 

Similarly, the elliptical planar inductor in Figure 7.3b can be translated into a 

circular planar inductor using Equation (7.7). Therefore, the inner diameter Ὠ ͺ  and 

outer diameters Ὠ ͺ  of the translated circular planar inductor in terms of elliptical 

inner diameter Ὠ ͺ ȟὨ  and outer diameter Ὠ ͺ ȟὨ ͺ  can be given 

as follows in Equations (7.8) and (7.9): 

Ὠ ͺ Ὠ ͺ Ὠ ͺ  (7.8) 

 

similarly, 

 

Ὠ ͺ Ὠ ͺ Ὠ ͺ  (7.9) 

 

After transforming an elliptical planar inductor into a circular planar inductor, 

which is a standard shape of a planar inductor, all formulas of a circular planar inductor 

can be used to estimate the inductance of an equivalent planar elliptical inductor 

through Equation (7.2). The inductance of the elliptical planar inductor is given by 

Equation (7.10). Moreover, the parasitic components can also be calculated using the 

standard formulas of the circular planar inductor.  

   ὒ
А ͺ ὰὲὅ †ϳ  ὅ† ὅ†  (7.10) 
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where, 

Ὠ ͺ  ͺ ͺ
, †  ͺɀ ͺ

ͺ  ͺ
, ὅ, ὅ, ὅȟ and ὅ 

are geometry-dependent and listed in Table 7.1. 

7.3.3 Parasitic Components 

After transforming the area of the ellipse into the circular inductor, the values of 

the parasitic components for the elliptical planar inductor can be calculated using the 

existing circular inductor expressions. The lumped model of the planar inductor is 

shown in Figure 7.4a, consisting of parasitic resistance (Ὑ ), parasitic capacitance 

(ὅ ), and an ideal inductor (ὒ ).  

 

 

 

(a) (b) (c) 

Figure 7.4 Lumped model of the elliptical planar inductor to show parasitic effects (a) 

Lumped circuit model of the planar inductor (b) Skin depth (‏ shown in the red area where 
current flows through the red area instead of the complete cross-sectional area of conductor (c) 

Parasitic capacitance ὅ  between nearby turns. 

The total conductor length of the planar elliptical planar ὰ  can be calculated 

by Equation (7.11) after achieving the newer inner diameter Ὠ ͺ  and outer diameter 

Ὠ ͺ  using Equations (7.8) and (7.9). 

ὰ  
“ὔὨ ͺ Ὠ ͺ

ς
 (7.2) 

The quality factor of the inductor plays a critical role in the inductorõs performance, 

and the quality factor is hugely impacted by the parasitic resistance (Ὑ Ȣ The 

value of Ὑ  is dependent on the direct current resistance Ὑ  and the 

alternating current resistance Ὑ ). Equation (7.12) is used to compute Ὑ . 

Ὑ   Ὑ  Ὑ  (7.3) 

 

Equation (7.13) is used to compute the DC component of the resistance Ὑ .  

Ὑ  
”ὰ

ὡὸ
 (7.4) 

/ǳ /ǳὸ
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where ὰ  is the total length of the elliptical spiral conductor, ὸ is the trace thickness, 

ὡ is the trace width, and ” is the resistivity of the conductor. 

The AC resistance (Ὑ ) of the planar inductor is frequency-dependent and 

becomes significantly higher than the DC resistance Ὑ  at higher frequencies due to 

the skin and proximity effects [332]. Therefore, the AC resistance (Ὑ ) can be 

computed from Equation (7.14).  

Ὑ   Ὑ  Ὑ  (7.5) 

At higher frequencies, the alternating current flows through the outer area of the 

conductor rather than flowing through the complete cross-sectional area of the 

conductor; this effect is called the skin effect. Due to a reduction in the effective cross-

sectional area, the current flow faces more resistance, which is known as the skin effect 

resistance Ὑ . In Figure 7.4b, the red area shows the skin depth ‏ through which 

current flows, and the black area represents the area with no current flow. Equation 

(7.15) is used to compute the resistance due to the skin effect Ὑ  [276]. 

Ὑ      

where 

‏
”

“‘‘Ὢ
 

(7.6) 

here ‘ is the permeability constant, and its value is τ“ ρπ ὌȾά, ‘ is the relative 

permeability of the conductor, and Ὢ is the operational frequency. 

Similar to the skin effect, the proximity effect also becomes significant at higher 

frequencies. At a specific frequency (crowding frequency Ὢ ), the magnetic field 

of the nearby turns of the planar inductor becomes significantly high and causes a 

nonuniform flow through the traces. This nonuniform distribution of current results in 

increased resistance, which is known as proximity resistance Ὑ  and can be 

computed using Equation (7.16) [277]. 

               Ὑ  , where Ὢ   
Ȣ

 
 (7.7) 

The parasitic capacitance (ὅ ) is one of the significant parasitic components 

and can limit the functionality of the inductor. The parasitic capacitance for the planar 
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inductors can be computed from Equation (7.17) [278]. Total parasitic capacitance is a 

combined effect of capacitances between the nearby metallic traces due to the air gap 

between traces and underlying substrate material (polyimide). 

ὅ  ὅ ὅ ǟ‭  Ǡ‭  (7.8) 

The contributing factors of parasitic capacitances are ǟ = 0.9 and Ǡ = 0.1. The 

parasitic capacitance due to the air gap ὅ  and parasitic capacitance due to the 

underlying substrate (ὅ ) are shown in Figure 7.4c. The relative permittivities of 

the substrate material and air are expressed as ‭  and ‭ , respectively. 

Once the parasitic capacitance is computed, then the self-resonance 

frequency Ὢ  of the planar elliptical inductor can easily be computed using the self-

inductance of the elliptical inductor and parasitic capacitance. The Ὢ  is very critical 

while designing an inductor for specific applications with a wide range of operational 

frequencies. Above its self-resonance frequency, an inductor works more like a 

capacitor than an inductor. The Ὢ  can be computed using Equation (7.18) [279]. 

Ὢ
ρ

ς“ ὒ ὅ
 (7.9) 

7.3.4 Fabrication 

To validate the proposed elliptical inductor model, different elliptical planar 

inductors were made using a wet-etching method. In the first fabrication stage, a 

LaserJet printer (HPM553, HP Technology, Dublin, Ireland) was used to print the 

inductor mask directly onto a 50 АÍ thick single-sided copper-coated polyimide film 

(Flexible Isolating Circuit 50 Microns-Coppered 35 Microns-1 Side, CIF, Buc, France). 

As the next step, these copper-coated polyimide films with printed masks were attached 

to the plastic stand of the etching machine (PA104 Heated Bubble Etch tank, Fortex, 

UK). The etchant was made by combining sodium persulphate (NaSO ) and deionized 

water in a 1:5 ratio. The etching was carried out inside a transparent acrylic tank with a 

diaphragm air pump attached to microporous tubing to produce tiny air bubbles that 

would help the etching process. To increase the speed of the etching process, the 

etchantõs temperature was set at τς ЈC using a suspended glass heater dipped inside the 

machine tank. The overall etching process was completed within 20ð25 min. In the next 

step, this patterned flexible PCB was removed from the etching tank and washed with 
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hot water. The ink particles from the patterned inductor designs were removed using 

an acetone bath. In the final step of the fabrication, flexible multithread copper wires 

were soldered on the terminal points of the inductors for electrical connections. The 

stepwise fabrication process is shown in Figure 7.5. 

 

Figure 7.5 Stepwise fabrication process of elliptical planar inductors. 

7.3.5 Device Validation 

To validate the proposed model, a Keysight E4990A impedance analyzer (Keysight 

Technologies Inc., CA, USA) was used for the measurements of fabricated elliptical 

inductors. Before the measurements, the impedance analyzer was calibrated using the 

standard test fixture 16047E (Keysight Technologies Inc., CA, USA) (open and short 

calibration). The fabricated elliptical planar inductors were connected in this test fixture, 

as shown in Figure 7.6, and the inductance ὒ  and the real Ὑ  and imaginary 

ὢ  parts of the impedance were measured for a range of frequencies between 20 

Hz and 120 MHz (the full-scale measurement range of the E4990A). However, to 

validate the proposed model, the inductance measurements reported in the tables were 

taken at 1 MHz frequency as the equipment error is only 0.1% at 1 MHz, and it became 

5ð10% when the measurement frequency is >100 MHz [333]. 

 

Figure 7.6 Inductance and Impedance measurement setup. 
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7.4 Results 

To validate and assess the estimation accuracy of the proposed elliptical model, 

different sets of elliptical planar inductors were fabricated. Considering the significant 

impact of parasitic components in varying geometries with different trace widths, trace 

separations, minor and major diameters, and the number of turns, a large number of 

inductors (N = 75) were fabricated. In one set, the major-to-minor ratio Ὑ between 

the inner minor and inner major diameters (Ὠ ͺ  ÔÏ Ὠ ͺ  was kept fixed, and the 

trace width (W) and trace separation (S) were varied. Similarly, for another set of 

fabricated inductors, the ratio between the outer minor and outer major diameters 

(Ὠ ͺ  ÔÏ Ὠ ͺ ) was varied while keeping the trace width and trace separation 

constant.  

7.4.1 Estimation Results for Varying Trace Separation (S) and 

Trace Width (W) While Keeping the Ratio ╡  between the 

Inner Minor Diameter to Inner Major Diameter Constant 

This section details the comparison between the numerical results of the proposed 

model and the measured results of the fabricated elliptical planar inductors. In this 

comparison, the ratio between the inner minor and inner major diameters was kept 

fixed at 3, while the trace width and trace separation were varied between 

ςππ АÍ ÁÎÄ φππ АÍ for 10- and 5-turn elliptical inductors. The outer minor and outer 

major diameters were dependent on the combinations of trace width and trace 

separation. Tables 7.2 and 7.3 show the calculated and measured results, respectively, 

for the 10-turn elliptical inductor. The ratio between the outer minor and outer major 

diameters was kept at σ. Figure 7.7 represents the fabricated elliptical inductors with a 

trace width of 600 Ǫm and trace separation varying from 200 Õm to 600 Õm, while the 

major-to-minor ratio (R) and N are kept constant at 3 and 10, respectively.  

Table 7.2 Inductance of elliptical inductors calculated from the proposed model for different 
combinations of trace separation (S) and trace width (W) while major-to-minor ratio (R) = 3 
and number of turns (N) = 10. 

Calculated Inductance (ǪH) of Elliptical Inductor Models (Number of Turns 

(N) = 10, Major-to-Minor Ratio (R) = 3) 

Test Parameters 
Trace Separation (µm) 

200 300 400 500 600 

200 3.69 3.65 3.63 3.64 3.66 
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Trace 

Width 

(µm) 

300 3.62 3.61 3.62 3.64 3.67 

400 3.59 3.60 3.62 3.65 3.68 

500 3.58 3.60 3.63 3.67 3.71 

600 3.58 3.61 3.65 3.69 3.74 

Table 7.3 Measured inductances of elliptical planar inductors for different combinations of 

trace separation (S) and trace width (W) while major-to-minor ratio (R) = 3 and number of 

turns (N) = 10. 

Measured Inductance (ǪH) of Fabricated Elliptical Inductors (Number of Turns 

(N) = 10 Major-to-Minor Ratio (R) = 3) 

Test Parameters 
Trace Separation (µm) 

200 300 400 500 600 

Trace 

Width 

(µm) 

200 3.77 3.66 3.67 3.64 3.61 

300 3.69 3.54 3.59 3.59 3.58 

400 3.55 3.56 3.55 3.63 3.59 

500 3.55 3.45 3.50 3.54 3.53 

600 3.46 3.40 3.48 3.51 3.50 

 

Figure 7.7 Elliptical planar inductors with a width of 600 Ǫm and varying separation (S) while 
major-to-minor ratio (R) = 3 and the number of turns (N) = 10 were kept constant. 

The percentage error, as given in Equation (7.19), is an evaluation metric 

commonly used to compare estimated and experimental measurements [308], [311]. 

The percentage error between the numerical inductance of the proposed model and 

measured inductance values of the elliptical planar inductor is computed using Equation 

(7.19) and given in Table 7.4. A maximum error value of 6.42% was found when the 

trace separation and trace width were 600 Ǫm, while the minimum error was found to 

be 0.08% when the trace separation (S) and trace width (W) were 500 Ǫm and 200 Ǫm, 

     
S=200 um S=300 um S=400 um S=500 um S=600 um 
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respectively. However, the average error was 2.47%, with a standard deviation of 1.8% 

for the different combinations of trace separation (S) and width (W). 

Ϸ Ὁὶὶέὶ 
ὒ ὒ

ὒ
 ρππ (7.19) 

Table 7.4 The percentage error between the numerically calculated and measured inductances 

of elliptical planar inductors after using the proposed model for different combinations of trace 

separation (S) and trace width (W) while major-to-minor ratio (R) = 3 and number of turns (N) 

= 10. 

% Error in Calculated and Measured Inductances (Number of Turns (N) = 10, 

Major-to-Minor Ratio (R) = 3) 

Test Parameters 
Trace Separation (µm) 

200 300 400 500 600 

Trace 

Width 

(µm) 

200 2.17 0.39 0.95 0.08 1.26 

300 1.82 1.96 0.75 1.28 2.46 

400 1.09 1.03 1.86 0.47 2.62 

500 0.75 4.11 3.53 3.44 4.84 

600 3.31 5.80 4.59 4.92 6.42 

The measured inductances (black lines) and proposed model inductances (red lines) 

with color bar graphs for various trace separations and trace width are represented 

graphically in Figure 7.8. It is evident from Figure 7.8 that the proposed model 

inductance and measured inductance values are approximately the same, with a 

percentage difference of less than 5% between the values. This difference is primarily 

associated with fabrication inaccuracies and measurement errors.  
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Figure 7.8 Surface plot of proposed model inductances and measured inductances of the 
elliptical planar inductor with a color bar to represent the percentage error for different 
combinations of trace separation (S) and trace width (W) while major-to-minor ratio (R) = 3 
and number of turns (N) = 10. 

Five-turn elliptical inductors were investigated to evaluate the impact of the 

number of turns of the elliptical inductors on varying trace separation and trace width. 

The fabricated elliptical inductors with five turns are shown in Figure 7.9. For a fair 

comparison with previous results, trace separation and trace width combinations were 

kept the same as in the last test setup. The calculated and measured inductance values 

are tabulated in Tables 7.5 and 7.6, respectively. The maximum value of the calculated 

inductance was found for a trace width and trace separation of 200 Ǫm, and the 

minimum inductance value was seen for a trace width of 600 Ǫm and trace separation 

of 400 Ǫm. 

   

 

 

S = 200 Ǫm S = 300 Ǫm S = 400 Ǫm S = 500 Ǫm S = 600 Ǫm 
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Figure 7.9 Elliptical planar inductors with trace width (W) of 600 Ǫm and varying trace 
separation (S) while major-to-minor ratio (R) = 3 and number of turns (N) = 5. 

Table 7.5 Inductance of elliptical inductors calculated from the proposed model for different 
combinations of trace separation (S) and trace width (W) while major-to-minor ratio (R) = 3 
and number of turns (N) = 5. 

Calculated Inductance (ǪH) of Elliptical Inductor Models (Number of Turns (N) = 

5, Major-to-Minor Ratio (R) = 3) 

Test Parameters 
Trace Separation (µm) 

200 300 400 500 600 

Trace 

Width 

(µm) 

200 1.01 0.982 0.964 0.953 0.945 

300 0.975 0.958 0.947 0.940 0.935 

400 0.952 0.941 0.934 0.930 0.928 

500 0.935 0.928 0.924 0.922 0.922 

600 0.922 0.919 0.917 0.917 0.918 

Table 7.6 Measured inductances of elliptical planar inductors for different combinations of 
trace separation (S) and trace width (W) while major-to-minor ratio (R) = 3 and number of 
turns (N) = 5. 

Measured Inductance (ǪH) of Fabricated Elliptical Inductors (Number of Turns 

(N) = 5, Major-to-Minor Ratio (R) = 3) 

Test Parameters 
Trace Separation (µm) 

200 300 400 500 600 

Trace 

Width 

(µm) 

200 1.00 0.966 0.938 0.915 0.933 

300 0.916 0.948 0.884 0.910 0.896 

400 0.907 0.875 0.864 0.857 0.846 

500 0.860 0.836 0.864 0.851 0.833 

600 0.851 0.918 0.921 0.931 0.940 

The measured inductance of elliptical planar inductors is tabulated in Table 7.5. It 

can be observed from Table 7.6 that the measured inductance values are lower than the 

calculated inductance values. The maximum measured inductance is 1 ǪH, while the 

minimum measured inductance is observed to be 0.833 ǪH for a trace separation of 600 

Ǫm and a trace width of 500 Ǫm. 

The percentage error between the numerical inductance of the proposed model 

and the measured inductance values of the elliptical planar inductor is given in Table 

7.7. It can be observed from Table 7.7 that the maximum error was observed to be 

9.93% for a trace separation of 300 Ǫm and a trace width of 500 Ǫm. The minimum 
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error was observed to be 0.59% for a trace separation and trace width of 200 Ǫm. 

Moreover, the average error was 4.85%, with a standard deviation of 3.18% for the 

different combinations of trace separation and trace width for a fixed number of turns 

(5) and fixed major-to-minor ratio (3). Further, it can be observed from Table 7.7 that 

the average percentage error is slightly higher for 5-turn elliptical inductors compared 

to 10-turn elliptical inductors. This error is higher as fewer-turn inductors are more 

prone to variability in fabrication and measurement phases than large-turn inductors.  

Table 7.7 The percentage error between the numerically calculated and measured inductances 

of elliptical planar inductors after using the proposed model for different combinations of trace 

separation (S) and trace width (W) while major-to-minor ratio (R) = 3 and number of turns (N) 

= 5. 

% Error in Calculated and Measured Values (Number of Turns (N) = 5, Major-

to-minor ratio (R) = 3) 

Test Parameters 
Trace Separation (µm) 

200 300 400 500 600 

Trace 

Width 

(µm) 

200 0.59 1.61 2.73 3.96 1.30 

300 6.10 1.08 6.64 3.15 4.19 

400 4.75 7.02 7.48 7.81 8.81 

500 8.04 9.93 6.50 7.73 9.67 

600 7.75 0.06 0.45 1.54 2.36 

The measured inductances (black lines) and numerical inductances of the proposed 

model (red lines) with color bar graphs for various trace separations and trace width 

have been represented graphically in Figure 7.10. It is evident from Figure 7.10 that the 

numerical inductance of the proposed model and measured inductance values are 

approximately the same, with a percentage difference of less than 8% between the 

values.  
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Figure 7.10 Surface plot of the numerical inductance of the proposed model and measured 
inductance of the elliptical planar inductor with a color bar to represent the percentage error 
for different combinations of trace separation (S) and trace width (W) while major-to-minor 
ratio (R) = 3 and number of turns (N) = 5. 

 

7.4.2 Estimation Results for Varying Ratios of Inner Minor 

Diameter to the Inner Major Diameter between 1 to 5 While 

Keeping Trace Separation and Width Fixed at 200 Ǫm 

To investigate the effect of the varying major-to-minor ratio between one and five, 

elliptical inductors of different sizes were fabricated and tested, as shown in Figure 7.11. 

In all planar inductors, the number of turns, trace width, and trace separation were kept 

fixed at 10, 200 Ǫm, and 200 Ǫm, respectively. The inner minor diameter was set to 5 

mm, while the inner major diameter was varied from 5 to 25 mm to achieve major-to-

minor ratio (R) values of between one and five. The numerical inductance ὒ  is 

calculated using the proposed model mentioned in Section 7.3, whereas the measured 

inductance (ὒ ) is measured using the impedance analyzer. The numerical 

inductance of the proposed model and measured inductance values are listed in Table 

7.8. To calculate the difference between the numerical inductance of the proposed 

model and measured inductance values, the absolute percentage error has been 

calculated and is tabulated in Table 7.8.  

 

 

 












































































































































































































































































































