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Abstract 

Musculoskeletal soft tissues (MSTs) play important roles in generating movement, absorbing external 

impacts, and stabilizing joints, and thus have a high incidence of injury. A comprehensive understanding 

of the functional demands of MSTs is critical to the successful treatment of soft tissue injuries. The 

quantification of in-vivo MST strains is therefore critical for both facilitating scientific discoveries on 

tissue function such as revealing the complex interactions within muscle-tendonous units, but also 

driving innovative clinical treatments and supporting the optimization of rehabilitation protocols. The 

critical need for in-vivo quantification of MST strains has historically inspired the development of 

different measurement techniques, including implantable strain sensors and ultrasound. Until now, 

implantable strain sensors have relied on rigid structures and wired transmission of sensor signals. As a 

result, these measurements have mostly been performed during controlled movements and in sterile 

surgical environments. Similarly, ultrasound measurements remain limited by out-of-plane artefact, and 

result in unknown measurement errors. A novel strain sensor technology that can mitigate these 

limitations and enable wireless MST strain measurements during dynamic activities is thus imperative. 

The aims of this PhD thesis were to develop and provide a proof-of-concept wireless, 

biocompatible, stretchable strain sensor system for the in-vivo measurement of MST strain. These aims 

were achieved by firstly reviewing all techniques that have been applied for in-vivo MST strain 

measurement, and subsequently performing a series of investigations to optimize and fabricate a novel 

stretchable strain sensor technology and wireless readout system. Finally, the validation of the 

stretchable strain sensor system was performed through testing its wireless sensing performance and 

implanting it into a sheep model to measure the tendon strains during dynamic movement in vivo. 

The narrative review of the literature provided a clear overview of different measurement 

techniques to date, including their key findings, clinical implications, and limitations. In addition to 

understanding critical limitations of existing sensor techniques, a review of the literature has revealed 

the magnitudes of MST strains that can be expected in vivo. As a result, a clear vision has been achieved 

regarding how current strain sensors should be revolutionized towards minimally disruptive, wireless 

data transmission, and long-term biocompatibility, in order to withstand the demands of known in-vivo 

MST strain measurements during dynamic activities. 

With a clear view of the musculoskeletal measurement requirements, the experimental work of 

this thesis firstly developed the prototype of a stretchable capacitor consisting of gold-coated titanium 

dioxide nanowires embedded in soft silicone elastomers. The stretchable capacitor was bonded to a coil 

to form a chipless wireless strain sensor for inductive readout of its resonant frequency. Based on the 

sensor prototype, an advanced stretchable strain sensor was developed through optimizing the coil 

structure, PDMS casting, and sensor fixation. In addition, a custom-designed readout box was 
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collaboratively developed to measure the resonant frequency of the sensor at a high sampling rates (1 

kHz). The sensor can be sutured onto the surface of the MST, allowing it to be stretched in line with 

musculoskeletal deformations, hence providing an indirect method to assess the MST strain patterns. A 

linear signal variation between 0 and 25% strain was demonstrated, and the strain sensor was 

electronically stable in a simulated in-vivo environment for one week and over 100’000 cycles of fatigue 

loading. Outstanding resolution (0.1% strain, ≈9 µm) was found during wireless strain measurements. 

Ex-vivo tensile tendon testing demonstrated that the sensor provided accurate measurements of sheep 

plantaris tendon strains. Finally, the strain sensor was implanted on the medial gastrocnemius tendon of 

a sheep, and strain measurement was performed during sheep trotting. The experiments indicated that 

the sensor was able to record the repetitive strain patterns in the tendon of the sheep. 

The findings of this PhD thesis revealed that the strain sensor could successfully measure tendon 

strains in the living body, indicating its applicability for addressing important biomechanical questions 

regarding MST functionality, injury, pathology, and rehabilitation mechanisms. Moreover, direct 

measurement of MST strains using this strain sensor system could be used to validate the results of 

modelling simulations and to optimize current musculoskeletal models. Further research is needed to 

improve the strain sensor for its in-vivo robustness and functional integrity in order to withstand long-

term in-vivo implantation and measurement during dynamic movements. Finally, a bioabsorbable 

version of the strain sensor may be needed for clinical translation.  
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Zusammenfassung 

Das Muskuloskelettale Weichgewebe (MW) spielt eine wichtige Rolle bei der Absorption äusserer 

Stösse und der Stabilisierung von Gelenken während dynamischen Körperbewegungen und weisen 

daher eine hohe Verletzungshäufigkeit auf. Ein umfassendes Verständnis der funktionellen 

Anforderungen von MW ist entscheidend für die erfolgreiche Behandlung von MW-Verletzungen. Die 

Quantifizierung der MW-Belastungen in-vivo ist daher von entscheidender Bedeutung, um sowohl 

wissenschaftliche Erkenntnisse über die Gewebefunktion zu gewinnen, wie z.B. die komplexen 

Interaktionen innerhalb von Muskel-Sehnen-Einheiten, als auch um innovative klinische Behandlungen 

voranzutreiben und die Optimierung von Rehabilitationsprotokollen zu unterstützen. Die Notwendigkeit 

einer In-vivo-Quantifizierung von MW hat die Entwicklung/Anwendung von drei Hauptmesstechniken 

inspiriert: 1) implantierbare Dehnungssensoren, 2) virtuelle Faserdehnung und 3) Ultraschall. 

Implantierbare Dehnungssensoren sind als direkter Messanasatz weit verbreitet, um in-vivo-Dehnungen 

in MW wie dem vorderen Kreuzband und der Achillessehne zu messen. Aufgrund mehrerer 

Einschränkungen dieser Sensoren wurden diese Messungen jedoch hauptsächlich während kontrollierter 

Bewegungen und in sterilen chirurgischen Umgebungen durchgeführt. Eine neuartige 

Dehnungssensortechnologie, die diese Einschränkungen abschwächt und MW-Dehnungsmessungen bei 

dynamischen Bewegungen ermöglicht, ist daher dringend erforderlich. 

Die Ziele dieser Doktorarbeit waren die Entwicklung und Validierung eines drahtlosen, 

biokompatiblen, dehnbaren Dehnungssensorsystems für In-vivo-MW-Belastungsmessungen. Diese 

Ziele wurden durch eine Überprüfung aller Techniken erreicht, die für In-vivo-MW-

Dehnungsmessungen angewendet wurden, sowie durch eine Reihe von Untersuchungen zur 

Optimierung einer dehnbaren Elektroniktechnologie, um einen neuartigen dehnbaren Dehnungssensor 

und ein drahtloses Auslesesystem zu entwerfen und herzustellen. Schliesslich wurde die Validierung 

des dehnbaren Dehnungssensorsystems durch die Prüfung der drahtlosen Messleistung und die 

Implantation des Sensors in ein Schaf zur Messung der Sehnendehnung während Fortbewegungen in 

vivo durchgeführt.  

Die Literaturübersicht gab einen Überblick über die verschiedenen Messverfahren, ihre 

wichtigsten Erkenntnisse, klinischen Implikationen und Grenzen. Insbesondere für implantierbare 

Dehnungssensoren haben verschiedene Sensoren, wie z. B. der Hall-Effekt-Dehnungswandler, 

ermöglicht, in-vivo-Dehnungen bei Menschen mit hoher Genauigkeit und Abtastrate zu messen. 

Einschränkungen früherer Sensortechnologien, einschließlich der starren Bauweise dieser Sensoren, 

führten jedoch zu einer Beeinflussung des Sensors durch das benachbarte Muskuloskelettale Gewebe. 

Noch wichtiger ist, dass diese Sensoren ein Kabel benötigen, um das Messsignal überzutragen, was 

sowohl die Anwendbarkeit bei In-vivo-Experimente und dynamische Messungen einschränkt, als auch 

Artefakte im Sensorsignal hervorrufen könnte durch das Biegen des Kabels. Daher sollten die derzeitig 
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verwendeten Dehnungssensoren im Hinblick auf eine möglichst störungsfreie, drahtlose 

Datenübertragung und langfristiger Biokompatibilität revolutioniert werden, um den Anforderungen 

von In-vivo-MW-Dehnungsmessungen bei dynamischer Aktivitäten standhalten zu können. 

In den experimentellen Arbeiten dieser Doktorarbeit wurde zuerst ein Prototyp eines dehnbaren 

Kondensators entwickelt, der aus goldbeschichteten Titandioxid-Nanodrähten besteht, die in weiche 

Silikonelastomere eingebettet sind. Der dehnbare Kondensator wurde mit einer Spule verbunden, um 

einen spanlosen drahtlosen Dehnungssensor für die induktive Auslesung seiner Resonanzfrequenz zu 

bilden. Auf der Grundlage des Sensorprototyps wurde ein fortschrittlicher dehnbarer Dehnungssensor 

entwickelt, indem die Spulenstruktur, der PDMS-Guss und die Sensorbefestigungsmethode optimiert 

wurden. Darüber hinaus wurde in Zusammenarbeit eine speziell angefertigte Auslesebox entwickelt, um 

die Resonanzfrequenz des Sensors mit einer hohen Abtastrate (1 kHz) zu messen. Der Sensor kann auf 

die Oberfläche des MW genäht werden, sodass er entsprechend den Verformungen des Muskelskeletts 

gedehnt werden kann und eine indirekte Methode zur Beurteilung des MW-Dehnungsbildes bietet. Es 

wurde ein lineares Signal zwischen 0 und 25 % Dehnung nachgewiesen, und der Dehnungssensor in 

einer simulierten In-vivo-Umgebung und über 100’000 Ermüdungszyklen hinweg elektronisch stabil. 

Bei den drahtlosen Dehnungsmessungen zeigte der Dehnungssensor eine hervorragende Auflösung auf 

(0,1 % Dehnung, ≈9 µm). Ex-vivo-Zugsehnentests zeigten, dass der Sensor genaue Messungen der 

Belastung der Plantaris-Sehne von Schafen lieferte. Schliesslich wurde der Dehnungssensor im Schaf 

auf die mediale Gastrocnemius-Sehne implantiert und die Belastungsmessung während des Trottens der 

Schafe durchgeführt. Die Experimente zeigten, dass der Sensor in der Lage war, die sich wiederholenden 

Dehnungsmuster in der Sehne des Schafs aufzuzeichnen. Abschliessend wurde die Biokompatibilität 

des Sensors durch eine histologische Untersuchung nach einer 2-monatigen In-vivo-Implantation im 

Körper eines Schafs nachgewiesen. 

Die Ergebnisse dieser Doktorarbeit zeigten, dass der Dehnungssensor die Sehnendehnung im 

lebendigen Körper erfolgreich messen konnte, was auf seine Anwendbarkeit für die Beantwortung 

wichtiger biomechanischer Fragen in Bezug auf die Funktionalitäten und pathologischen Mechanismen 

von MW hinweist. Darüber hinaus könnte die direkte Messung von MW-Dehnungen mit diesem 

Dehnungssensorsystem verwendet werden, um die Ergebnisse von Modellierungssimulationen zu 

validieren und aktuelle Muskuloskelettale Modelle zu optimieren. Letztendlich könnte sich dieses 

Dehnungssensorsystem zu einem Standardverfahren entwickeln, um die Genauigkeit von indirekten 

bildgebenden Messtechniken zu überprüfen, die oft unterschiedliche Dehnungsergebnisse liefern. 

Weitere Nachforschungen sind erforderlich, um den Dehnungssensor hinsichtlich seiner In-vivo-

Robustheit und funktionelle Integrität zu verbessern, um eine langfristige In-vivo-Implantation und 

Messung während dynamischen Körperbewegungen zu gewährleisten. 
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Chapter 1: Introduction and Background 
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Musculoskeletal soft tissues (MSTs), such as tendons and ligaments, play principal roles in absorbing 

external impacts [1], stabilizing joints [2], and providing joint proprioception [3]. Injuries to critical 

MSTs, such as anterior cruciate ligament (ACL) or Achilles’ tendon ruptures, can cause severe pain, 

limit musculoskeletal function, initiate degenerative pathways in neighbouring tissues such as 

tendinopathy and/or osteoarthritis, and permanently impact the quality of life [4-6]. Successful treatment 

of MST injuries requires a comprehensive understanding of the functional demands of MSTs during 

dynamic activities, the healing and pathologic adaptive response of a MST to loading, and the ability of 

surgical and rehabilitative treatments to restore native MST function.  

1.1. The scientific and clinical significance of studying soft tissue strains 

The importance of studying strain as a metric of MST biomechanical function, adaptation, and damage 

has been well established. Quantification of in-vivo MST strains during movement have revealed the 

complex interactions within muscle-tendon units that conserve energy during muscle contraction, 

amplify power output, and absorb shocks during impact [7, 8]. This knowledge is essential for 

musculoskeletal model validation [9], musculotendinous disorder diagnosis [10], and defining 

physiological loading conditions for in-vitro experiments [11] and tissue engineering [12]. Quantifying 

patellar tendon and ACL strains during jump landing [13] revealed concurrent increases in ACL and 

patellar tendon strains, indicating that quadriceps contraction was an important factor tensioning the 

ACL near full knee extension. Similar studies of ligament strains under loading have provided critical 

knowledge on their biomechanical contributions to joint stability [14, 15].  

Investigating MST strains enables orthopaedic surgeries to be optimized [16, 17] and facilitates the 

development of safe and effective rehabilitation regimens. Surgical reconstructions of MST injuries 

generally aim to restore native strain patterns, in order to replicate the physiological function. Therefore, 

once the native strain patterns of MSTs are established, novel methods to intraoperatively quantify MST 

strains could additionally guide surgical decision making to allow optimal restoration of normative 

patterns during passive joint flexion. For example, the high recurrent patellar dislocation rate (15-40%) 

[18-20] and long-term patellofemoral symptoms [21-24] associated with medial patellofemoral ligament 

(MPFL) reconstruction are predominately caused by suboptimal surgical decisions (i.e. femoral 

attachment site, graft pre-tension) that induce non-optimal graft strains, resulting in compromised 

function. However, if the strain patterns of MPFL graft could be intraoperatively assessed during knee 

flexion-extension cycles, surgical decisions could be evaluated and corrected towards optimal outcomes. 

As in-vivo MST strains directly influence the collagen production rates of the MST fibroblasts [25], in-

vivo quantification of MST strains during functional movements are critical for optimizing rehabilitation 

protocols that can stimulate ligament healing and avoid damage by progressively increasing graft 

loading [26, 27]. For example, squatting was found to cause higher ACL strains than many other 
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movements [27], and was thus suggested to be cautiously used as an exercise to prevent damaging loads 

to the healing tissue during the early stages of ACL rehabilitation. 

In-vivo measurement of MST strain generally leverages three techniques, including implantable 

strain sensors, modelling combined with imaging, and ultrasound. Implantable strain sensors enable 

direct measurements of MST strains with high accuracy and minimal artefact, but are generally highly 

invasive, and current designs are not clinically viable. Modelling combined with imaging tracks the 

relative displacement of tissue-bone attachment sites to estimate the strain occurring in the tissue. 

However, the imaging techniques often require exposure to radiation, limit the activities that can be 

performed, and are only able to quantify bone-to-bone tissue strains (mainly ligaments). Ultrasound 

methods enable safe and non-invasive imaging of soft tissue deformation. However, ultrasound can only 

image superficial tissues, and measurements are confounded by errors associated with out-of-plane 

tissue motion. A comprehensive review of current techniques for in-vivo measurement of MST strain 

was performed within the framework of this thesis and is presented in Chapter 2. 
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1.2. Musculoskeletal soft tissue strains 

One of the key prerequisites for the development of strain sensors to quantify the strains that occur in 

musculoskeletal tissues is an underlying understanding of magnitudes of strain and strain rates that the 

sensor will need to endure. While this is not the key focus of this thesis, an up-to-date review of the 

current knowledge on MST strains is indeed critical, and therefore is presented in summary format 

(Table 1). 

Table 1. Summary of musculoskeletal soft tissue strains reported in the literature 

Tissue Activity Maximum strain magnitude [%] 

Achilles’ tendon Single leg hopping 8.3 ± 2.1 [28] 

 8.0 ± 2.0 [29] 

Double-legged hopping 14.8 [30] 

Single leg Landing 6.0 [31] 

Walking 4.2 to 4.3 [32] 

 4.6 [33] 

 4.0 [34] 

 4.0 ± 1.2 [35] 

Running 7.4 ± 4.2 [36] 

 4.9 ± 1.2 [35] 

ACL* 

 

Stair climbing 2.7 to 2.8 [37] 

Squatting with sport cord Up to 4.0 [27] 

Rapid deceleration Up to 5.5 [38] 

Gait Up to 13.0 [39] 

Jump landing Up to 12.0 [40] 

Superficial medial 

collateral ligament 

Lunge from full extension to 

maximal flexion 

gait 

7.5 to 21.0 [41] 

 

Up to 4.7 [42] 

Deep medial collateral 

ligament 

Lunge from full extension to 

maximal flexion 

gait 

17.0 to 20.0 [41] 

 

Up to 9.0 [42] 

Lateral collateral ligament Lunge from full extension to 

maximal flexion 

-16.0 to 7.0 [41] 

* The measurement was performed on the anteromedial bundle of the ACL 

From these studies, it seems that any sensor aiming to assess MST strains in vivo should be capable 

of achieving strains of up to about 20%. However, caution should be taken, as studies investigating the 

failure strain of tendons suggest that collagenous structures begin to fail at around 6-9% strain [43]. As 

a result, it seems that the higher MST strains reported in some studies are somewhat dependent on the 

reference pose or reference length of the tissue assumed for the strain calculations [44]. 
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1.3. Sensors for measurement of MST strain: applications and limitations 

Implantable strain sensors can directly measure changes in the length of MSTs in vivo. After surgical 

implantation [45-47], such sensors convert tissue elongation into electrical signal perturbations [46], and 

transmit these signals to a measurement device for reverse calculation of the MST strains. Such 

“transducer” devices therefore convert a measured signal into an output that can be read and interpreted.  

Over the past decades, multiple strain sensor designs were used to measure human MST strains. The 

magnetic field sensor was one of the first types of sensors used to measure MST strains in vitro [48]. 

The magnetic field sensor measures strain through tracking the variation in the magnetic field caused 

by displacing a metal rod within a wire coil. The liquid metal strain gauge (LMSG) is another type of 

sensor that has been used for in-vitro MST strain measurement [49]. The LMSG consists of compliant 

capillaries filled with mercury or a mixture of gallium and indium that deform when strain is applied, 

providing reliable measurements based on the quantification of strain-induced resistance changes in the 

capillaries. To date, LMSGs have only been implanted into animals [49, 50], but not humans. The first 

in-vivo implantable sensor measurement in humans was rather performed using an advanced magnetic 

field sensor — a Hall effect strain transducer (HEST), where Howe and co-workers arthroscopically 

implanted a HEST onto the anterior medial bundles of a subject’s ACL and found that the in-vivo strains 

increased during the Lachman test and isometric quadriceps contractions [51]. The differential variable 

reluctance transducer (DVRT) is another type of magnetic field sensor with improved (linear) sensing 

range, higher sensitivity, and larger signal to noise ratio compared to the HEST sensor [44, 52]. The 

DVRT was implanted in a human ACL to measure strains throughout a variety of movements, including 

lunge, step up/down, squatting, and bicycling [27, 53, 54]. Further measurements were performed by 

Cerulli and co-workers, who measured ACL strains during rapid deceleration movements and found 

peak strains of up to approximately 5.5 % occurred in the ACL, which temporally coincided with the 

peak ground reaction force. Similarly, fibre optic sensors have been applied to measure the forces 

occurring in human Achilles’ and patellar tendons during walking and jumping [55, 56]. These sensors 

assessed the modulation of intensity, phase, or wavelength of the light flow within the sensor [45] that 

occurs due to an applied load or deformation. Although it is suggested that the fibre optic sensor can be 

used for strain measurements in MSTs [46], no in-vivo human strain measurements have yet been 

performed. Similarly, implantable force transducers have been used to measure forces of human ACLs 

[57] and present an interesting technology for strain measurement in vivo [46, 58, 59].  
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Figure 1. Conventional strain sensors that can be used to measure MST strains in humans. a) Liquid metal transducer [46, 

49]. b) Magnet field sensor [48] and its improved version—Hall effect strain transducer (HEST) and differential variable 

reluctance transducer (DVRT) [60]. c) Fibre optic sensor [45] and implantable force transducer [58]. 

Although different strain sensor technologies have been developed and used for biomechanical 

measurements of MSTs, only a handful of sensors have been used for in-vivo measurements in humans, 

indicating that these conventional sensors present several major defects that limit their in-vivo 

applicability and hinder their translation into clinical settings. These limitations mainly originate from 

their structural design, signal transmission, and/or fixation methodologies. First, an excessively rigid 

construction leads to sensor impingement with neighbouring musculoskeletal tissues during functional 

movements, which limits the tissues and postures that can be measured [47]. For example, for 

implantation on the ACL, the HEST and DVRT sensors can only be implanted on the anteromedial 

bundle. Second, the aforementioned strain sensors use a cable crossing the skin to transmit the 

measurement signal to an external readout system [54, 61, 62]. The cable may cause discomfort that 

prevents natural execution of dynamic movements. Also, cable bending during body movement may 

perturb sensor signal and affect measurement accuracy [63]. In addition, the transcutaneous cable limits 

widespread clinical application of the strain sensor due to possible infection [64]. For sensor fixation to 

a MST, HESTs and DVRTs are attached by pressing barbs into the tissue. Barb fixation enables fast 

sensor attachment and easy removal so that it may be ideal for intraoperative implementation to measure 

MST strains during passive or static movements. However, barb fixation may lead to loosening or 

detachment from the soft tissue during dynamic body movement and damage during removal. It has 

been suggested that sensor measurement could be conducted two weeks after the implantation, as the 

local inflammation and fibrous encapsulation will facilitate sensor fixation to the soft tissue [65]. This 

may minimize sensor detachment from the tissue but significantly increase the risk of infection, as the 

skin incision cannot fully heal due to the sensor cable and duration of discomfort for the subject. Also, 

the sensor integrity and reliability are challenged with a significant time period between the sensor 
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implantation and signal recording [66]. Furthermore, traditional sensors made of metallic components 

are often non-biocompatible. Therefore, their long-term implantation and clinical utility are 

compromised [45]. Finally, sensor measurement could have significant errors when in-vivo strain occurs 

in a direction different from sensor implantation alignment [67]. However, sensors are generally visually 

aligned to the fibre direction in the MST during implantation, in an attempt to minimize any the 

associated errors.  

To enable the dynamic in-vivo measurements needed for widespread clinical and research utility, 

implantable strain sensors should wirelessly transmit the signal to mitigate the many limitations due to 

wire crossing the skin. Contemporary technologies allow implantable sensors to wirelessly transmit 

signals to an external receiving device [68, 69]. Accordingly, wireless sensors have gained a great deal 

of interest in monitoring human physical and biological status in recent years and have been used in 

medical implantable sensors such as the Verasense orthopaedic sensor system, pacemakers, and bladder 

pressure sensors [70-72]. Wireless implantable sensors can be classified into active and passive designs. 

Active sensors, or the so-called self-powered sensors, use on-board batteries [73, 74] to transmit data 

across the skin, generally using Bluetooth [75]. For several active designs, their internal batteries can be 

recharged by an external device through inductive coupling [76], which greatly extends the life of the 

sensors. However, active sensors carry potential health hazards, and therefore require the electronics to 

be hermetically sealed [73, 74, 77]. Also, due to the inclusion of a battery, miniaturizing active sensors 

remains difficult. In contrast to active sensors, passive sensors are wirelessly excited and measured by 

an external system, often using piezoelectric materials or antenna coils [78-80]. Without the on-board 

battery, the design of passive sensors can be simplified, and the size can be greatly reduced. However, 

it should be noted that wireless signal transmission technologies such as electromagnetic energy or RFID 

technologies are easily affected by metallic materials nearby, possibly making them susceptible to e.g., 

metallic implants. 

In conclusion, traditional strain sensors have enabled in-vivo measurements of human MST strains 

during functional movements, which has provided us great insights into the biomechanical functionality 

of MSTs. However, in order to fulfil the prerequisite for in-vivo MST strain measurements during 

dynamic activities, next-generation strain sensors should incorporate four essential features: a flexible 

design to minimize tissue impingement, wireless data transmission, a fast and robust fixation method, 

and biocompatibility for long term sensor implantation. 
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1.4. Stretchable electronics and wireless signal transmission 

Recent advances in stretchable electronics have facilitated the development of membrane-like 

stretchable strain sensors. These sensors show great potential for clinical application through their 

unique soft constitutions, which can easily conform to the surface morphology of the target tissues and 

thus minimize sensor impingement. Stretchable strain sensors are typically fabricated by embedding 

conductive materials in stretchable elastomers. Stretchable strain sensors have been demonstrated 

outstanding conductivity, stretchability, and durability under idealized laboratory conditions [81-83]. 

State-of-the-art stretchable strain sensors are commonly categorized as capacitive-type and 

resistive-type sensors. In general, resistive-type sensors consist of a single conductive layer [84, 85]. 

Stretching the sensor changes the geometry of the conductive network as well as the intrinsic resistive 

response of conductive materials [86, 87], and thus increases the electrical resistance of the sensor [88]. 

Resistive-type sensors have gained a great deal of attention because they are highly stretchable but also 

provide outstanding electrical sensitivity [86, 88], while being easy to fabricate and operate [85]. 

Nevertheless, resistive-type sensors still require development to overcome the hysteresis and non-

linearity common in their electromechanical responses [86, 89]. The counterparts, capacitive-type 

sensors, consist of two conductive layers separated by a dielectric layer [90-92]. Stretching the sensor 

thins the dielectric layer and deforms the overlapping area of the parallel plate capacitor [87, 89], and 

thus increases the capacitance of the sensor. While the electromechanical performance and 

biocompatibility of these novel flexible sensors require further advancement, the minimally disruptive 

technology is a clear innovation in implantable strain sensors that potentially provides improved 

characteristics for MST strain measurement. 

Wireless stretchable strain sensors have recently made possible by leveraging wireless signal 

transmission technologies, now making clinical viability more plausible. Examples of this include a 

recent stretchable piezoelectric strain sensor system that used Near Field Communication technology to 

achieve battery-free sensing functionality and wireless data transmission (up to centimetres) in ex-vivo 

cardiac monitoring [93]. Similarly, a wireless stretchable inductor has been developed that integrated a 

strain sensing element, which also served as a receiver to concurrently transmit the signal [89]. However, 

despite the high stretchability and low hysteresis features exhibited by this strain sensor, the transmitted 

signals demonstrated lag even at low strain rates [89]. Capacitive-type stretchable sensors have been 

used for wireless signal transmission by simply adding a coil to the capacitor to create an inductor-

capacitor-resistor (LCR) circuit [90]. Upon exciting the sensor via an external system, stretching the 

capacitor changes the resonant frequency (RF) of the oscillating current in the LCR sensor. A readout 

system (which can be integrated into the same external system) then records the RF signal of the sensor 

to inversely assess the strain applied. 
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The improved characteristics of stretchable strain sensors have drawn great attention in various 

applications in such as tracking human body movements [85, 92, 94-96], measuring human bladder 

volume, or cardiac monitoring [90, 93, 97]. However, very few stretchable strain sensors have been 

employed to quantify MST strains [98, 99] in either in-vitro or in-vivo environments. Zens and co-

workers designed a capacitive-type sensor and used it to measure in-vitro anterolateral ligament strains 

on a knee specimen [99]. Boutry and co-workers developed an advanced biodegradable strain and 

pressure sensor, enabling the monitoring of long-term MST strains without the need of a second surgery 

for the sensor removal [98]. However, both of the sensors failed to incorporate wireless data 

transmission. Moreover, the sensors were glued onto the target tissue, which may be an inferior method 

for sensor fixation because it might lead to tissue damage and biocompatibility issues. Lee and co-

workers developed a novel fibre strain sensor that can be sutured onto the MST for strain measurement 

[100], but wireless signal transmission was only achieved using a bulky stationary readout system. 

Previously, a stretchable sensor fabrication technology has been developed by the Laboratory for 

Biosensors and Bioelectronics, ETH Zurich [101]. Specially, gold-coated titanium dioxide nanowires 

were filtered onto membranes using a nanowire filtration method. The nanowires were then transferred 

onto soft elastomers that enable fabrication of a stretchable conductor. The stretchable conductor 

showed outstanding stretchability and linearity during ex-vivo tensile testing and has been proved to be 

potentially suitable for measuring soft tissue deformations. This sensor fabrication technology thus has 

laid the excellent foundation for the development of wireless stretchable strain sensors for the in-vivo 

measurement of MST strains. 

Despite of the potential of stretchable sensors for strain measurements of MSTs, a full validation of 

new sensor technologies is critical before translation into clinical application can be achieved. First, the 

ability of such soft sensors to endure long-term and high-rate fatigue loading has yet to be demonstrated. 

Resistance to fatigue loading is a fundamental prerequisite of in-vivo MST strain measurement since 

MSTs experience repeated and rapid (e.g., strain rates up to 50%/s in Achilles’ tendon [102]) 

deformation in the human body. In addition, the in-vivo environment may affect the sensor properties 

and thus introduce drift in the original signal of the sensor. It is thus important to understand the effect 

of environmental changes on the measurement characteristics of the sensors. Here, new sensor 

technologies should be validated based on cadaveric implantations and measurements, as well as in-vivo 

animal testing and biocompatibility examination. 
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1.5. Vision of the PhD thesis 

The overall vision of this PhD was to develop a wireless, biocompatible, stretchable strain sensor for 

utilization in assessing MST strains in vivo. This project also aimed to fully validate the strain sensor 

system for MST strain measurements through testing its wireless sensing performance and implanting 

it into a sheep to measure the tendon strains during dynamic movements in vivo. Three aims were 

established to realize three sections: 

Aim 1: Review the current available technologies for in-vivo MST strain measurements 

Different technologies, including image-based and sensor-based methods, have been used for in-

vivo MST strain measurements. This section of the thesis aims to review these technologies, including 

the operating principles, key findings, limitations, and an outlook for their further development. To 

achieve this aim, a comparison of different technologies for strain measurement was performed (Chapter 

2). 

Aim 2: Optimize the sensor fabrication technologies in terms of sensor signal quality and 

physical robustness, and develop the prototype of the LCR stretchable strain sensor 

Previously synthesized biocompatible nanowires and the techniques for their manufacture are 

available as a baseline for this development [103]. Building on this existing technology, the aim is to 

further develop, fabricate and test a stretchable conductor in order to determine the optimal nanowire 

filtration and transfer protocols. For a preliminary demonstration, the LCR strain sensor was sutured on 

the skin of a swine bladder ex vivo, and the inflation of the bladder was measured by the sensor (Chapter 

3).  

Aim 3: Develop and validate a wireless strain sensor system for in-vivo MST strain measurement 

Based upon the prototype of the LCR strain sensor in aim 2, this study aimed to develop an 

implantable strain sensor by optimizing the structure, size, and elastomer sealing of the sensor. These 

developments targeted an improvement of the electronical performance, stability, and physical 

robustness of the sensor (Chapter 4). Furthermore, a new readout system was developed to wirelessly 

measure the sensor signal with a high sampling rate (Appendix, fast readout system). In addition, the 

sensitivity and resolution of the sensor system were characterized. The effect of fatigue loading, 

environmental changes on the sensor robustness and signal stability of the sensor system were validated 

(Chapter 4). An Ex-vivo tensile tendon test was performed using the sensor system to demonstrate the 

capacity of the sensor for MST strain measurements. Finally, for a proof-of-concept experiment, the 

sensor was implanted on the Achilles’ tendon of a sheep and tendon strains were measured during 

trotting. 
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Abstract 

The critical clinical and scientific insights achieved through knowledge of in-vivo musculoskeletal soft 

tissue strains has motivated the development of relevant measurement techniques. This review provides 

a comprehensive summary of the key findings, limitations, and clinical impacts of these techniques to 

quantify musculoskeletal soft tissue strains during dynamic movements. Current technologies generally 

leverage three techniques to quantify in-vivo strain patterns, including implantable strain sensors, virtual 

fibre elongation, and ultrasound. (1) Implantable strain sensors enable direct measurements of tissue 

strains with high accuracy and minimal artefact, but are highly invasive and current designs are not 

clinically viable. (2) The virtual fibre elongation method tracks the relative displacement of tissue 

attachments to measure strains in both deep and superficial tissues. However, the associated imaging 

techniques often require exposure to radiation, limit the activities that can be performed, and only 

quantify bone-to-bone tissue strains. (3) Ultrasound methods enable safe and non-invasive imaging of 

soft tissue deformation. However, ultrasound can only image superficial tissues, and measurements are 

confounded by out-of- plane tissue motion. Finally, all in-vivo strain measurement methods are limited 

in their ability to establish the slack length of musculoskeletal soft tissue structures. Despite the many 

challenges and limitations of these measurement techniques, knowledge of in-vivo soft tissue strain has 

led to improved clinical treatments for many musculoskeletal pathologies including anterior cruciate 

ligament reconstruction, Achilles’ tendon repair, and total knee replacement. This review provides a 

comprehensive understanding of these measurement techniques and identifies the key features of in-

vivo strain measurement that can facilitate innovative personalized sports medicine treatment. 

Keywords: Ligament strains, Tendon strains, Biosensors, Loading conditions, Soft tissue function, In-

vivo measurement, Dynamic imaging, Stretchable sensors. 

Abbreviations: 

ACL  Anterior cruciate ligament 

AT  Achilles’ tendon 

MRI  Magnetic resonance imaging 

CT  Computed tomography 

HEST  Hall Effect Strain Transducer 

DVRT  Differential Variable Reluctance Transducer 

FOV  Field of view 

sMCL  Superficial medial collateral ligament 
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MPFL  Medial patellofemoral ligament 

TKA  Total knee arthroplasty 

RSA  Roentgen stereophotogrammetric analysis 

MJ  Myotendinous junction 

sATMJ  Soleus-AT myotendinous junction 

RF  Radiofrequency 

ROI  Region of interest 

MG  Medial gastrocnemius 

ICC  Intra-class correlation coefficient 
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2.1. Introduction 

In addition to considerable pain and loss of function experienced by patients [1], musculoskeletal soft 

tissue injuries present a considerable financial burden to health care systems worldwide. Some 200’000 

anterior cruciate ligament (ACL) injuries [2, 3] occur annually in the Unites States alone, and nearly 

half of them require reconstructive surgery [4]. The socioeconomic costs of the resulting medical 

treatment have been estimated to be over one billion dollars annually [5, 6]. In Sweden, the average cost 

of surgical management of acute Achilles’ tendon (AT) ruptures in 2009-2010 was around $10’000 [7]. 

Moreover, revision rates following initial treatment for AT rupture (2%-8%) [8, 9] and ACL revisions 

(3-16%) [10, 11] suggest that more effective treatment offer considerable potential exists for not only 

reducing costs, but also improving patients’ functional outcome. 

Transforming sports medicine therapies to address current treatment shortcomings requires a 

comprehensive understanding regarding the functional demands withstood by musculoskeletal soft 

tissues during activities of daily living in healthy, injury, and pathologic conditions. A detailed 

understanding of in-vivo ligament and tendon strains is not only important for identifying injury 

mechanisms, informing surgical reconstructions and optimizing rehabilitation protocols, but also 

essential for defining physiologic loading conditions for in-vitro experiments and tissue engineered 

constructs. Therefore, the measurement of in-vivo musculoskeletal soft tissue strain patterns during 

functional movements is critical for both facilitating scientific discoveries and driving innovative 

clinical treatments. 

The importance of soft tissue strain to biomechanical tissue function and adaptation has been 

well established. In 1847, Wertheim demonstrated that the stress-strain relationship in animal tissue 

does not follow the linear relationship dictated by Hooke’s law [12]. In the 1960s, the introduction of 

Fung’s Law provided the contemporary understanding of soft tissue viscoelasticity, building a more 

complete concept of the tissue deformation response to loading [13]. Shortly afterwards, it was 

discovered that both soft tissue strain magnitude and rate had a direct influence on the failure properties 

of ligaments [14] and tendons [15]. In 1992, it was discovered that the strain magnitude, not stress, 

experienced by muscle fibres was directly related to damage severity [16]. However, despite the 

importance of soft tissue strain being recognized for decades, clinical translation of this knowledge has 

been hindered by the limited in-vivo measurements of tissue strain magnitudes and rates during dynamic 

movements. 

In clinical settings, improved knowledge of in-vivo ligament strains [17] has facilitated key 

innovations in reconstruction techniques and rehabilitation for ligament injuries [18].  For example, in 

the 1990s, it was thought that the bone tunnel during ACL reconstruction surgeries should be positioned 

to achieve graft isometry throughout flexion [19, 20]. However, research into the role of loading on graft 

tissue health [21, 22] and the contribution of ACL strain to knee stability [23] led to an evolution of the 
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surgical technique such that current approaches aim to position the tunnels in the centre of the native 

ACL attachment footprints to better replicate the strain patterns experienced by the native tissue [24]. 

With respect to rehabilitation, sensor measurements of in-vivo ACL strain showed a significant increase 

when the knee moved to extended postures [25, 26], which has informed activity selection for post-

operative rehabilitation. However, innovation of clinical therapies for many other pathologies is 

hindered by the limited in-vivo strain data available for many other ligaments and tendons, especially 

during functional and rehabilitative activities. 

In-vivo strain measurements also provide critical insights into muscle-tendon function by 

enabling the elongation of the muscle fibres, tendon, and aponeurosis to be independently quantified 

[27]. Measurements of muscle fibre lengths and velocities during movement enable investigation into 

how individuals leverage optimal force-length and force-velocity muscle contraction conditions. 

Ultrasound studies indicate that the tendon can act as a buffer to overall muscle-tendon unit stretch, 

resulting in strains within the individual tissues that do not reflect the overall length change of the 

muscle-tendon unit [27]. For example, during early stance in walking, the overall length of the triceps 

surae muscle-tendon unit increases substantially, but the lateral gastrocnemius fibres lengthen only to a 

small degree [28], while the medial gastrocnemius and soleus fibres even remain isometric [29]. At 

push-off, all of the triceps surae muscles shorten, but at a much slower rate than the tendon and muscle-

tendon unit as a whole. This demonstrates the importance of in-vivo strain measurements to reveal the 

complex interactions within muscle-tendon units to conserve energy during muscle contraction, amplify 

power output, and absorb shocks during impact [30]. 

An improved understanding of in-vivo soft tissue strains will also provide important insights 

into how humans modulate their neuromuscular coordination to generate movement. When coupled with 

traditional motion analysis techniques, in-vivo strain measurements could enable an improved 

understanding of how the body leverages elastic energy storage in tendons [31]. Furthermore, dynamic 

strain measurements of all the soft tissues crossing a joint may provide key insights towards resolving 

muscle redundancy [32]. This problem seeks to determine how the externally measurable joint torques 

during movement are distributed to the redundant musculoskeletal system, resulting in one of the most 

famous unsolved problems in biomechanics [33]. 

The critical need for in-vivo quantification of musculoskeletal tissue strain for both clinical and 

basic science applications has inspired the development of three main measurement techniques: 1) 

implantable strain sensors, 2) virtual fibre elongation, and 3) ultrasound. Implantable strain sensors have 

largely been applied to measure in-vivo ACL strains [34-36], but such technologies have mostly been 

implemented during controlled movements and in sterile surgical environments. The virtual fibre 

elongation method uses bone position from image-based methods including fluoroscopy [37-39], 

ultrasound [40], open magnetic resonance imaging (open-MRI) [41, 42], or computed tomography (CT) 

[43, 44] to derive in-vivo ligament and tendon strains. Ultrasound technique enables dynamic non-
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invasive planar imaging of soft tissue structures, and has mostly been applied to measure muscle [27, 

45] and tendon [46, 47] deformation. Each technique presents different advantages and limitations 

regarding accuracy, invasiveness, safety, and activities that can be measured. In addition, previous 

studies have chosen different approaches to define the fibre reference length [48-51]. As a result, the 

reported strain data may not represent the real soft tissue strain, and thus understanding the true loading 

condition within the tissue remains challenging. Therefore, the abilities of these measurement 

techniques to determine the slack length of soft tissue should be fully reviewed and discussed. The 

technologies involved in in-vivo strain measurement have been previously reviewed [35, 36, 52, 53], 

however there has not yet been a comprehensive summary of the key findings and clinical impacts of 

each methodology. The purpose of this study is therefore to provide an overview of in-vivo tendon and 

ligament strain measurement methodologies and their key findings, clinical implications, and limitations, 

as well as to identify technological developments that may lead to clinical and basic science advances 

in sports medicine. 

  



 

33 

 

2.2. Materials and Methods 

2.2.1. Literature search and selection 

Articles were searched using the keywords “sensor*”, “gauge*”, and “transduc*”, “imag*”, 

“ultrasound*”, “fluoroscop*” as well as “tendon*”, “ligament*, “muscle*”, “length change*”, “strain*” 

and “elongat*” in the Pubmed and EMBASE databases. A total of 9842 articles were found. The titles 

and abstracts of all articles were firstly screened by one author to exclude clearly irrelevant articles. Two 

authors then reviewed the full texts of the remaining articles to identify articles discussed in this review. 

As this is a narrative review, the two authors also searched the reference lists of these articles to identify 

any other relevant articles that had not been found through the above search. One experienced author 

discussed these candidate articles with the two authors to make a final decision on their inclusion. Finally, 

151 articles were included for reviewing. 

2.2.2. Strain calculation 

Strain (ε) is traditionally defined using Equation 1 in the biomechanics literature: 

𝜺 =
𝒍 − 𝒍𝟎
𝒍𝟎

 (1) 

Where 𝑙 is the tissue length and 𝑙0 is the slack length or reference length. Slack length is the 

length at which a tissue begins exhibiting force when it is stretched. The ability of each measurement 

technique to quantify tissue slack length is detailed in the following sections. In many studies, the true 

slack length was not measured and instead a reference length, the length of the tissue in a defined body 

posture is used to calculate strain [49, 54]. Thus, comparing strains between studies requires careful 

consideration of the 𝑙0 definition. 
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2.3. Implantable Strain Sensors 

Implantable sensors have been employed to directly measure in-vivo ligament strain patterns in humans. 

Similar sensors have been applied to measure human tendon forces. Typically, these sensors leverage 

similar working principles, where mechanical loading or deformation of the tissue induces changes in 

their electric signals (voltage, resistance, or capacitance). Buckle transducers, liquid metal strain gauges, 

fibre optic transducers, and sonomicrometry crystals have all been used for in-vivo force and strain 

measurements in animal studies to assess muscle, tendon, and ligament function during dynamic 

activities [35, 53]. For example, liquid metal strain gauges have been applied to measure strain patterns 

in rabbit ATs and in horse suspensory ligaments [55, 56]. In addition, buckle transducers and fibre optic 

transducers have been applied to measure AT force in humans during walking and jumping [57, 58]. 

While many aforementioned sensor designs have been demonstrated for force measurements in 

humans and strain measurements in animals, only Hall Effect Strain Transducers (HESTs) and 

Differential Variable Reluctance Transducers (DVRTs) have been used to directly measure in-vivo 

strains in human musculoskeletal tissue [35]. Therefore, the following discussion focuses on the 

properties, applications, and limitations of these sensors. 

2.3.1. Measurement technology and experimental methods 

To detect displacement, HEST sensors measure the change in voltage resulting from relative movement 

between a magnet and a Hall-effect magnetic sensor, whereas DVRTs measure the movement of a 

magnetic core within two coil windings by measuring the resulting change in magnetic reluctance [34]. 

The parameters of these two sensors are displayed in Fig. 1a [34, 35]. Beynnon and co-workers 

arthroscopically implanted a HEST sensor onto the ACL of subjects under local anaesthesia [59], 

mounting the sensor by pressing on two fixation barbs (Fig. 1b). ACL strains were then quantified during 

limited functional movements before removal of the sensor. The measurement procedures of DVRT 

sensors are similar to the HEST sensors (Fig. 1c) [60]. 
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2.3.2. Slack length 

 

Fig. 1. HEST implantation and reference length identification. (a) Parameters of HEST and DVRT sensors. (b) Scheme showing 

a HEST sensor mounted onto the anteromedial bundle of the ACL with two fixation barbs. (c) Scheme of DVRT sensor fixation. 

(d) Plot of tibia shear loads against HEST displacement, ACL reference length is defined as the HEST length at the slack-taut 

transition point. (Included figures are adapted from [59-61]) 

To assess in-vivo ACL slack length, Beynnon and co-workers recorded the displacement of a HEST 

sensor fixed on the ACL while applying antero-posterior shear loads to the tibia [48, 61]. They found 

an “inflection point” on the plot of the sensor length against shear load (Fig. 1d), corresponding to the 

length where the ACL engages. The corresponding sensor length at this point was considered to be the 

reference length used to calculate strain. Hence, any subsequent relative change of the sensor 

displacement from this length was considered to directly reflect loading within the ACL [48, 62]. This 

method was later validated by Fleming and co-workers through concurrently implementing a force probe 

to measure ACL load on cadaveric knees [63]. 

2.3.3. Key findings 

In-vivo strain sensor measurements have provided critical insights into rehabilitation protocols for ACL 

reconstruction by providing direct evidence for activity selection that ensure tissue strains are under 

damaging magnitudes [26], but high enough to facilitate healing [64]. Specifically, squatting was long 

thought to be a safe activity for early rehabilitation of ACL reconstruction. However, in-vivo ACL strain 
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measurements using DVRT sensors have revealed that peak strains induced by squatting (3.6%) [25] 

are higher than lunges (1.8-2.0%), sit-to-stand (2.8%), step-up/down (2.5-2.6%) [26], and cycling 

activities (1.7%) [60]. These findings indicate that squatting exposes the ACL to greater loads than open-

chain movements [34] and should therefore be used cautiously during rehabilitation. In-vivo sensor 

measurements have also revealed key insights into the role of muscle activation in both loading and 

protecting the ACL. The measurements indicate that isometric quadriceps contractions increase ACL 

strain at flexion angles of less than 50o [48, 62, 65], isometric gastrocnemius contractions increase ACL 

strain over all tested flexion angles, and that hamstrings contraction reduce ACL strain at flexion angles 

greater than 5o [34, 66]. These measurements have provided fundamental knowledge that can inform 

targeted muscle strengthening and neuromuscular coordination training to protect the ACL. 

2.3.4. Advantages and limitations 

There are several unique advantages to the HEST and DVRT implantable sensor approaches for strain 

measurement. Firstly, it provides a direct strain measurement and thus the data is highly representative 

of the local tissue strain environments. Secondly, both HESTs and DVRTs are highly sensitive and able 

to detect minute strains in the musculoskeletal tissues [34]. Finally, sensors provide high sampling 

frequencies for strain and strain rate measurements during dynamic activities. 

Despite the insightful findings, however, the HEST and DVRT sensors have several major 

limitations: 

1) Invasive nature: Sensor implantation is a highly invasive procedure, resulting in ethical 

difficulties to justify their use in healthy subjects. For ACL strain measurements, 

implantations have therefore typically been undertaken together with a pre-planned 

arthroscopic surgery to perform minor repairs of neighbouring tissues [48]. Consequently, 

such patients may have deformities or injuries that may alter the tibiofemoral contact 

mechanics [67] and potentially alter the measured soft tissue strain patterns [68, 69]. 

2) Tissue impingement: Current sensors can only be implanted in locations where there is 

sufficient room for the sensor and straight-forward surgical assess to the tissue. For example, 

the strain sensors have always been attached to the anteromedial bundle of the ACL because 

it is more accessible from the anterolateral surgical portal than the posterolateral bundle of 

the ACL. While HEST and DVRT sensors are small in size, their solid constitution can 

result in impingement with surrounding musculoskeletal tissues, and therefore impede 

certain postures during testing. Importantly, sensor disturbance with the femoral notch is 

unavoidable at full extension of the knee during ACL strain measurements [35], which 

hinders the assessment of ACL strain patterns throughout activities involving full extension 

or even hyperextension of the knee [35]. 
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3) Limited implantation duration: Previous experiments have been limited to a few hours 

because both HEST and DVRT sensors require a cable that crosses the skin to transmit the 

measurement signal, and are therefore not long-term biocompatible. These limitations have 

prevented subjects from performing many functional activities of daily living. 

4) Sensor-body interference: Sensor cable migration induced by subject body movement can 

cause significant artefacts in the sensor signal. Sensor cables should be stabilized and well 

protected during experiments. 

5) Sensor implantation alignment: Measurements are sensitive to implantation orientation of 

the sensor relative to the tissue. To assess tensile ligament strains, the measurement axis of 

the sensor must be aligned with the ligament fibres during implantation in order to record 

uniaxial strain. 

2.3.5. Future work 

Recent advances in stretchable electronics may enable clinical translation of strain sensors towards 

intraoperative guidance and long-term assessment of healing. To facilitate these clinical applications 

and minimize risk to research subjects, these next generation strain sensors should incorporate three 

critical features: flexibility, wireless data transmission, and long-term biocompatibility. Thin and soft 

membrane-like strain sensors can be fabricated by embedding conductive materials in stretchable 

materials to reduce the risk of tissue impingement [70]. Initial measurements include skin surface 

assessments of joint rotation [71] and muscle movement of the trachea [72], as well as ex-vivo strains in 

the anterolateral ligament of a cadaveric knee (Fig. 2) [73]. Flexible electronic sensors can be fabricated 

using biocompatible materials (PDMS, gold, titanium, etc.), and several have demonstrated good 

biocompatibility through histologic examination [74, 75]. Wireless signal transmission with a passive 

sensor (i.e. no battery or chips) can be achieved using radio-frequency identification technology [76], 

enabling a resonant strain sensor containing a stretchable capacitor and a coil inductor whose resonance 

frequency can be wirelessly measured by a readout system to be developed (Fig. 2) [77]. However, 

improvement of sensor fixation [48, 78], as well as long-term stability and quality of flexible sensor 

signals are still necessary for clinical application. The development of biodegradable strain sensors that 

are resorbed after a given duration is critical to avoid a second surgery for sensor removal [79]. Such 

sensors would be ideal for clinical translation into soft tissue repair surgeries, especially for long-term 

assessment of tissue healing and data driven physical therapy. 
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Fig. 2. Innovative stretchable strain sensors show great potential for quantifying in-vivo musculoskeletal soft tissue strains. (a) 

Stretchable strain sensors based on soft elastomers and nanomaterials could minimize the risk of interfering with neighbouring 

tissues. (b) Stretchable sensors have demonstrated high accuracy in measuring tendon strains during uniaxial tensile loading. 

(c) Stretchable strain sensors have been attached to the anterolateral ligaments using glue to measure ligament strains during 

knee joint manipulation. d) In-vivo wireless measurements using stretchable sensors are possible using radio-frequency 

identification technology. Here, the passive sensor works as a LCR circuit whose resonance frequency varies with strain and 

can be readout using inductive coupling. (Included figures are adapted from [70, 73, 79]) 
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2.4. Virtual Fibre Elongation 

Initial imaging assessments of ligament strain were achieved using open-MRI [41, 80] and CT scans 

[81-84] to measure ligament length on the 2D slice images that best displayed the structure. However, 

substantial inaccuracies were clearly present in such 2D measurements due to out-of-plane errors. The 

virtual fibre elongation method overcomes this limitation by leveraging imaging data to reconstruct the 

relative 3D poses of the bones to determine the relative displacements of soft tissue attachment sites to 

non-invasively quantify tendon and ligament length change patterns [85-87]. For investigating dynamic 

activities, fluoroscopy is the state-of-art imaging modality, as CT and MRI are limited by their long-

capture times and small field of view (FOV). Thus, the following discussion will primarily review 

fluoroscopic imaging studies [17]. 

2.4.1. Measurement technology and experimental methods 

Typically, the joint of interest is statically imaged using MR [88] or CT [43], then segmentation is 

performed to construct 3D surface models of the bones. The attachment footprints of the ligament 

bundles are identified on the bone models from the images (MR) or relative to landmarks (CT). 

Subsequently, the subject performs a functional movement while the joint is imaged using single or 

dual-plane fluoroscopes [43, 89] to acquire a time series of radiographic images of the bones. The 3D 

bone poses are calculated to match to the images using a manual or (semi-)automated 2D-3D registration 

software [90-92]. This process is repeated for each radiographic image to quantify the joint kinematics 

throughout the movement (Fig. 3). 
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Fig. 3. Different virtual fibre elongation methods to quantify in-vivo soft tissue strains. (a) Static imaging at multiple poses or 

dynamic imaging throughout a movement. (b) In this example, dynamic video fluoroscopy is used to measure superficial medial 

collateral ligament (sMCL) strains during walking. The fluoroscope can move vertically, and the whole system is fixed on a 

frame that can slide along the rail. A time series of radiographic images of the knee joint are taken. The bone models are 

matched to the joint postures in each image to quantify the joint kinematics during the gait cycle. sMCL virtual fibres that 

connect the femoral and tibial attachment sites and wrap the bone surfaces are created. The lengths of the fibres are measured 

to characterize the long change patterns of the sMCL. (Included figures are adapted from [41, 83]) 

The length change of a ligament during a movement is assessed by tracking the relative 

displacements of the attachment points. For ligaments with small attachment footprints, a virtual fibre 

connecting the centroids of ligament insertion sites is defined as the ligament “longitudinal axis” [93]. 
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For larger attachments, multiple virtual fibres can be defined [94, 95]. The fibre path can either be 

defined as the straight line connection between attachment points [94], or wrapping surfaces can be 

defined to represent the real curvilinear path of the ligament and prevent penetration of the bone 

geometries [49]. The length of the virtual fibre at each joint pose is compared to quantify the relative 

length change throughout the activity. As the virtual fibre is a geometric path, the orientation of the 

ligament force can also be quantified as the angle between the projection of the virtual fibre in each 

plane and the relevant axes in the predefined coordinate system of the joint [38, 96]. This enables 

insights into ligament function such as the restraint it can provide against external loads and graft 

bending in ligament reconstruction [97, 98]. 

2.4.2. Slack length 

The virtual fibre elongation method does not provide any inherent means to determine the slack length 

of a tissue. Accordingly, most studies using this method define the reference length as the length of a 

tissue in a reference joint posture, to normalize length change measurements and provide an estimate of 

the elongation patterns. For the knee ligaments, the length at full knee extension [39, 49] or heel strike 

of walking [54] is commonly used as the reference length. 

2.4.3. Key findings 

The primary advantage of the virtual fibre elongation method is that it enables the non-invasive 

assessment of multiple ligaments in a joint during dynamic movements. The resulting comprehensive 

understanding of ligament contributions to functional joint mechanics has informed many surgical and 

rehabilitative sports medicine procedures. Using the virtual fibre elongation method, ACL length was 

shown to decrease by 28% from full knee extension to 135o of knee flexion during single leg lunge [37], 

while PCL length increases by 35% [94]. Ankle plantarflexion and supination were found to increase 

the length of the anterior talofibular ligament but decrease the length of the calcaneofibular ligament 

[99]. Studying different ligaments in the same joint can also reveal how the ligaments interact during an 

activity. A comparison of intact and ACL-deficient knees confirmed the importance of the ACL to knee 

stability by showing that ACL injury caused significant MCL extension and LCL shortening during 

lunges [100]. 

The virtual fibre elongation method also provides insights into the strain distribution within 

tissues by using multiple fibres. This technique has revealed that the anterior, middle, and posterior 

bundles of the superficial MCL exhibit different length change patterns (19%, 0%, and -16%) from full 

knee extension to 145o knee flexion during lunges [49]. Similarly, the length of the anterior and posterior 

bundles of the LCL exhibited a 6-7% increase and a 10-16% decrease, respectively [49, 101]. Running 

induced significantly greater elongation of the ACL anteromedial bundle compared to the posterolateral 

bundle [102], whereas walking showed more uniform elongation within the ACL [38]. This approach 

also revealed that reconstructing the medial patellofemoral ligament (MPFL) to a location posterior and 
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proximal to its anatomic femoral attachment results in the most isometric graft behaviour during lunging 

[103]. Similarly, at the shoulder, virtual fibre elongation techniques have allowed an insight into 

otherwise difficult to access dynamic musculoskeletal interactions. Maximal external rotation at 90o 

abduction significantly elongates the anterior bundle of the inferior glenohumeral ligaments while only 

slightly elongating the posterior bundle. Conversely, maximum internal shoulder rotation at 90o 

abduction significantly elongates the posterior bundle while only slightly elongating the anterior bundle 

[104]. Thus, the virtual fibre elongation method can reveal different function within regions of a single 

ligament, and consequently inform surgical reconstruction techniques and selective ligament release in 

joint revision surgery. 

 

Fig. 4. Strain measurements of the virtual fibres throughout dynamic activities enables the identification of sMCL isometric 

locations in the femoral and tibial attachment areas. a) 32 femoral and tibial attachments on knee model of a TKA patient. b) 

sMCL virtual fibres from different combinations of femoral and tibial attachments. 

The virtual fibre elongation method can also evaluate the outcomes of surgical procedures via 

the length change patterns of ligaments or grafts during functional movements. A possible mechanism 

for poor outcomes in PCL-retaining total knee arthroplasty (TKA) patients was identified because PCL 

elongation showed a significant increase compared to healthy knees at flexion angles of over 75o during 

lunges [105]. Cruciate-retaining TKA was also found to have a significant effect (mostly increasing) on 

the elongation patterns of the knee collateral ligaments during lunging by comparing the results of 

cruciate sacrificing TKA and healthy knees [49, 106]. A new study investigated the effect of knee TKA 

with ultra-congruent implants on the length change patterns of MCL and LCL during a variety of daily 

functional movements such as walking and squatting [107]. In the TKA knees, while the LCL 

consistently slackened with increased knee flexion in all movements, the MCL showed regional 

variation in the length changes. The anterior, middle, posterior MCL fibres lengthened, remained 

isometric, and shortened during knee flexions, respectively. This confirmed the pervious observed 
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distinct regional behaviour of the MCL [49, 54] and indicated that the location of partial MCL releases 

performed intraoperatively to balance the knee will have important consequences on post-operative 

stability. For ACL reconstruction, anatomic ACL graft placement better restores the length and length 

change patterns of the native ACL compared to an anteroproximal graft placement [108]. A similar 

study found that compared to non-anatomic ACL reconstructions, anatomic ACL reconstruction results 

in PCL length change patterns (both bundles) that are closer to native patterns [43]. Therefore, the virtual 

elongation method provides a unique opportunity to non-invasively evaluate native and graft soft tissue 

strains, hence enabling quantitative evaluation of surgical techniques. 

2.4.4. Advantages and limitations 

The virtual fibre elongation method leverages state-of-the-art dynamic imaging technologies to non-

invasively evaluate soft tissue strains throughout functional activities at high frequencies (> 200 Hz). It 

can quantify regional tissue strains by using multiple fibres to represent the same ligament (Fig. 4). 

Furthermore, as the fibre attachment locations are manually selected, uncertainty quantification and 

sensitivity studies can be readily performed [107]. Additionally, the measurement accuracy is not 

affected by whether the tissue is deep or superficial. Finally, the non-invasive nature of the method 

allows comparisons of injured or reconstructed tissue function against the healthy contralateral limb. 

Despite the many advantages of the virtual elongation method, there are also several limitations: 

1) Accuracy: Representing complex 3D tissue geometries with virtual fibre paths introduces 

several sources of error. Significant uncertainty in reported ligament lengths originates from 

both the identification of the tissue attachment footprints and virtual fibre insertion sites 

within the footprint [103]. The determination of ligament insertion sites on MR images can 

show large variations especially in some ligaments like the sMCL, which has large 

attachment areas (nearly 400 mm2 on its tibial proximal attachment) [109]. However, for 

other ligaments such as the ACL, footprints can be accurately identified from MRI images 

[110]. The simplification of ligament pathways to straight virtual fibre paths also affects the 

accuracy, as it neglects any variations in pathway length due to wrapping around skeletal 

structures. Furthermore, virtual fibre ligament elongations are also sensitive to the 

measurement accuracy of the bone kinematics. With longer fluoroscope shuttering times 

(fluoroscopic exposure time per frame), the X-ray image becomes blurred, leading to errors 

in the accuracy of the 2D-3D registration. As an example, Ellingson and co-workers 

reported that the errors in knee joint kinematics could be as large as 2.0° and 1.6mm with 

an exposure time of 16ms [111], which would propagate into errors in the assessment of 

virtual fibre elongation patterns. Finally, virtual fibres only provide bone-to-bone elongation 

measurements, which makes them well suited for ligaments, but they cannot assess muscle 

fibre lengths and tendon lengths independently. 
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2) Difficult to determine slack length: The resting length of ligaments cannot be measured 

using fluoroscopy. Therefore, while relative elongation patterns can be reported, true tissue 

strain patterns or loading conditions cannot be quantified. To circumvent this issue, many 

researchers define the reference length of a structure to be its length at e.g., full knee 

extension [93], or at an instant of the gait cycle e.g. heel strike [112]. However, the lack of 

a consistent choice of reference length limits inter-study comparisons, and an appropriate 

solution should be agreed across the field. 

3) Measurement frequency and radiation exposure: Fluoroscopes can generate either 

continuous [90] or pulsed [113] X-ray imaging. Continuous radiation modes enable higher 

measurement frequencies (speeds are then limited by the camera and fluoroscopic imaging 

formation), but also leads to greater radiation exposure to the subject, which constrains the 

measurement time and consequently the number of repetitions. Pulsed X-ray reduces the 

radiation dosage and therefore extends the measurement time. However, fluoroscopes with 

pulsed X-ray have limited measurement frequencies (often 25-30 Hz), which is insufficient 

to track highly dynamic movements such as impact situations. 

4) Limited FOV: Traditional fluoroscopy systems are stationary with fields of view of 20-30 

cm diameter. Thus, for many joints it is impossible to image complete activity cycles such 

as walking, running, or stair ascent/descent. Therefore, movements such as single legged 

lunge are often studied as the knee remains within the FOV [95, 103]. To track walking or 

running gait activities, the subject has to walk on a treadmill with only portions of the gait 

cycle such as stance phase being imaged [38, 54]. 

2.4.5. Future work 

The virtual fibre elongation method has demonstrated great potential for assessing the function of 

ligaments in healthy [38, 39, 114] and surgically reconstructed states [43, 106, 115] in dynamic activities 

such as running [43] and landing [116]. However, the space constraints and stationary field of view of 

the imaging systems limit the movements that can be studied. Recently, mobile fluoroscopy systems 

have been developed to track the horizontal and vertical displacements of the joint during full body 

locomotion. Two of these systems have been developed to image lower limb joints throughout complete 

activity cycles [113, 117]. However, such systems may affect the subject’s gait performance and 

introduce additional errors due to vibrations [118]. 

Currently, the virtual fibre elongation method is too time consuming for clinical translation due 

to the segmentation of the joint anatomy, definition of ligament attachment points, and 2D/3D images 

registration steps. Introducing artificial intelligence techniques to automate these processes could 

eliminate the time-consuming nature of this method, and therefore make it clinically viable. For example, 

a segmentation method combining image registration and machine learning has been developed to 

automatically segment the region of interest on ultrasound [119] and MRI images [120]. It could be 
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envisaged that such technology will help improve the automation of the virtual fibre elongation method. 

Moreover, instead of using virtual fibres to model the ligament, future study could develop the finite 

element model of the ligament and apply the joint kinematic data as boundary conditions to simulate the 

3D strain-stress environment within the ligament [121]. Finally, roentgen stereophotogrammetric 

analysis (RSA) can extend the virtual fibre elongation method to enable tendon strain measurement, 

especially to evaluate the recovery of the mechanical properties and function of reconstructed tissues 

[122-125]. RSA requires that titanium beads are implanted in bones or soft tissues through open surgery 

[126] or injection [127], and then uses dynamic imaging to capture the distance between beads 

throughout an activity to quantify tissue length changes. Tashman and co-workers have developed a 

dynamic RSA system by combining X-ray radiographs and high-speed digital imaging to achieve high 

measurement frequency (250Hz) and accuracy (±0.1mm) [128], which could be used in measuring 

dynamic activities. However, the invasive nature of bead implantation limits its application on human 

subjects. 
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2.5. Ultrasound 

Ultrasound is a non-invasive, radiation-free, and cost-effective technique to visualise the internal 

architecture of musculoskeletal soft tissues. Clinically, ultrasound is commonly used to identify 

pathological tendon abnormalities [129]. In research settings, ultrasound has been leveraged to quantify 

muscle, tendon, and ligament deformation during dynamic activities. Numerous ultrasound studies 

quantified strains of large flat tendons such as the AT during walking [130, 131] and running [132, 133], 

however, very few ultrasound studies focused on ligaments [134]. Ultrasound also enables muscle fibre 

lengths and pennation angle to be dynamically assessed [27, 135]. 

Typical ultrasound systems consist of a hand-held transducer connected by flexible wire to a 

cart that houses the electronics for signal generation and processing, as well as a screen for visualization. 

The working principle behind ultrasound imaging relies on propagating ultrasonic waves (sound waves 

with frequencies > 20’000 Hz) into the tissue of interest and recording their reflection [136, 137]. The 

ultrasonic waves reflect off the tissue according to the local properties, and the echoes are recorded and 

used to generate an image. Traditional ultrasound systems generate planar 2D images and can reach 

tissues up to 17 cm beneath the skin [138]. Two primary techniques have been developed to measure 

soft tissue strain during dynamic movements using ultrasound, myotendinous junction (MJ) tracking 

(Fig. 5) and speckle tracking (Fig. 5). Freehand 3D ultrasound has also been applied to measure Achilles’ 

tendon strain, but only by imaging multiple static postures, and thus this review focuses on MJ and 

speckle tracking techniques. 

2.5.1. Measurement technology and experimental methods 

For both strain measurement techniques, the ultrasound transducers must be fixed to the body during 

dynamic movement to image a tissue. Typically, the ultrasound transducer is housed in a foam orthotic 

and strapped to the body using athletic tape [130]. In many experiments, a treadmill is used so that the 

ultrasound cart can remain stationary. Commonly, markers are attached to the transducer and the 

ultrasound system is synchronized with a motion analysis system so that the transformation between the 

image field of view and other anatomic landmarks can be calculated (Fig. 5). 

The MJ tracking technique enables muscle and tendon lengths to be quantified by tracking 

anatomical landmarks in each ultrasound image of a series collected throughout an activity. For example, 

the elongation of the free AT can be measured by tracking the displacement between the calcaneus 

attachment and the soleus-AT myotendinous junction (sATMJ) [139]. An ultrasound transducer with a 

wide FOV (100mm) can image the entire free AT from the calcaneus to sATMJ [139] (Fig. 5). For many 

applications and ultrasound systems, however, the tissue length exceeds the transducer’s FOV and thus 

only one attachment site can be tracked. Synchronizing the ultrasound system with an optic tracking 

system provides another means to track the length change of a long tendon during movement [140-142]. 
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To measure the AT, a reflective marker is placed on the calcaneus attachment to track its position. An 

ultrasound transducer equipped with reflective markers is fixed on the shank to image the position of 

the sATMJ, and then transform it into the global coordinate system. The free AT length is then defined 

as the distance between the positions of the calcaneus and the sATMJ. 

 

Fig. 5. A variety of ultrasound techniques to quantify muscle and tendon elongations. (a) Ultrasound transducer with a wide 

FOV (100 mm) can image the entire free Achilles’ tendon (soleus to calcaneus). (b) The ultrasound elastography speckle 

tracking method enables the displacements of the superficial and deep AT tissues to independently measured during walking. 

(c) By fixing motion capture markers to the ultrasound transducer, tissue displacements in the sATMJ can be tracked in the 

laboratory coordinate system to quantify AT length changes. (d) An ultrasound transducer with markers attached is manually 

swept along the AT to take a series of ultrasound images of the AT. The ultrasound images and transducer positions are merged 

to reconstruct 3D geometries of the AT at multiple poses. (Included figures are adapted from [45, 130, 139, 143]) 

Speckle tracking provides an alternative method to quantify regional tissue strain using 

ultrasound. A speckle is an interference pattern with bright and dark spots in B-mode or radiofrequency 

(RF) ultrasound images [144]. The speckle pattern remains constant when the tissue structure is static 

and thus is thought to be representative of the tissue structure rather than measurement noise. Therefore, 

when the tissue microstructure is deformed, the speckle pattern changes accordingly [145]. After the B-
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mode or RF ultrasound images of the tendon are obtained throughout an activity, a region of interest 

(ROI) containing the tendon structure is manually selected on one image [146]. Then, automated speckle 

tracking algorithms are used to calculate the frame-to-frame speckle displacement within the ROI, which 

is then converted into tendon elongations [40, 130]. 

2.5.2. Slack length 

Ultrasound provides two opportunities to assess the slack length of a tissue. Firstly, a tissue can be 

imaged at multiple joint postures until buckling can be identified in the B-mode images. This has been 

demonstrated on the patellar tendon [147, 148]. Secondly, a novel ultrasound imaging technique called 

shear wave elastography, which quantifies the speed of shear wave propagation in a tissue, has been 

applied to assess tissue slack length. Shear wave speed has been shown to be related to tissue stress [149, 

150], and thus can be applied to establish when the tissue goes slack if a corresponding joint is 

manipulated through its range of motion. This technique has been applied to assess the slack length of 

the AT [50] and the ankle angle when the individual triceps surae muscles are slack [151]. 

2.5.3. Key findings 

Ultrasound based strain measurements have provided many important insights into the dynamic function 

of the AT. For example, ultrasound was used to quantify in-vivo AT strains during dynamic activities 

such as running (3.5-5.8%), walking (4.6%), and one-legged hopping (8-8.3%) [45, 140, 141, 152]. 

These functional AT strain data provide some important implications for AT injury. Firstly, the in-vivo 

AT strains during one-legged hopping are surprisingly close to the AT failure strains found in in-vitro 

tendon tensile tests [141, 153]. As the AT remained healthy after hopping tests, this finding demonstrates 

the difficulty of comparing in-vivo and in-vitro strain measurements and perhaps inconsistency among 

the methods. Secondly, the in-vivo strain data from ultrasound measurements can serve as a variable to 

assess other parameters associated with AT injury, such as the mechanical “safe factor” [152] and “core 

temperature” [140] of the AT. Franz and co-workers measured the regional deformations of AT during 

walking [130], and showed that the aggregate AT exhibited nearly twice as much elongation as the free 

AT. Moreover, the superficial AT exhibited larger elongations than the deep AT and only the superficial 

AT elongation was found to increase at higher walking speeds, indicating non-uniform regional strain 

patterns in the AT. Cronin and co-workers compared the length changes of Achilles’ tendons during 

walking between healthy and diabetic subjects [154]. The length changes of Achilles’ tendons were 

smaller in diabetic subjects than healthy patients, but the length changes of muscle-tendon units were 

similar. These findings indicate that diabetes may decrease the elastic energy storage of Achilles’ 

tendons and increase muscle work, resulting in decreased walking efficiency. Finally, ultrasound has 

provided insights to AT healing and protection. For example, AT strain during running with a 18mm 

heel lift was significantly smaller than barefoot, suggesting that such a heel lift could help to reduce the 

AT strains during AT rehabilitation training [132]. 
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Ultrasound evaluations have also contributed towards understanding the function of human 

triceps surae muscles during walking and running [27, 155-157]. In these studies, either a single 

ultrasound transducer was positioned over the medial gastrocnemius (MG) so that the soleus was also 

visible [156], or two transducers were placed over the MG and soleus [158]. The MG and soleus fascicle 

lengths and pennation angles were then measured using an automated tracking algorithm, and motion-

capture derived knee and ankle joint kinematics were further used to estimate MG and soleus muscle-

tendon unit lengths [156, 159, 160]. These studies found different length change patterns and magnitudes 

between the MG and soleus fascicles during the stance phase of gait, indicating the different functional 

roles of the two muscles [158]. Relevant studies have also determined the differences in triceps surae 

length changes and behaviour between walking and running [159, 161], between forefoot and rearfoot 

running [162], and at different running speeds [163]. Investigating the length change patterns in both 

muscle fascicle and muscle-tendon unit also showed a decreased energy storing role of the AT in race-

walking compared to running [156]. The effect of age on gastrocnemius muscle-tendon behaviour 

during walking has also been studied by ultrasound [160], and it was found that tendon lengthening is 

greater and muscle fascicle lengthening is smaller in older subjects compared to young subjects. In 

addition, ultrasound has been used to characterize the effect body mass on gastrocnemius medialis 

fascicle behaviour during stair ascent [164]. By calculating the difference between the muscle tendon 

unit length change and the fascicle length change, it was found that additional body mass could cause 

substantially greater stretching on the tendon. This finding may be meaningful in evaluating effect of 

obesity on pathological loading in triceps surae muscle tendon unit. 

The application of ultrasound to quantify ligament strain is limited to a few studies investigating 

superficial ligaments during static movements, such as the dorsal lisfranc ligament [165-167], 

pisohamate ligament and pisometacarpal ligament [168]. Using speckle-tracking, 5-7% strains were 

observed in the coracoacromial ligament during dynamic shoulder rotations such as forward flexion, 

horizontal abduction, and internal rotation at 90o abduction [40]. The strain patterns and displacements 

of the coracoacromial ligament indicated contact with the rotator cuff in these frequently used shoulder 

movements. This indicates a possible mechanism for rotator cuff pathologies, and provides guidelines 

for rehabilitation protocols as certain movements such as forward flexion, horizontal abduction, and 

internal rotation at 90o abduction were found to induce excessive tissue strains. 

2.5.4. Advantages and limitations 

Ultrasound provides several key advantages over other methods for assessing musculoskeletal soft tissue 

strain. Firstly, it is non-invasive, relatively inexpensive, and does not expose the subjects to radiation. 

Secondly, ultrasound can dynamically image soft tissues, which enables regional deformation within 

the tissue to be quantified. Finally, it enables the strains of muscle fibres and tendon to be independently 

measured as it can differentiate muscle-tendon interfaces. 
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Despite these advantages, ultrasound methods also suffer from several limitations: 

1) Controversial reliability: Establishing good reliability of ultrasound tissue length 

measurement is fundamental to highly accurate measurements of tissue strain [129, 169]. 

However, the reliability of ultrasound measurement of static tissue geometry has been 

controversially reported [170-176], and these measurements are easier to perform than strain 

measurement during dynamic activities. Furthermore, transducer orientation and position 

have a significant effect on ultrasound measurements [177, 178], and rigid fixation of the 

ultrasound transducer over the tissue of interest is difficult to achieve throughout dynamic 

activities. Some confidence can be gained from the good intra-class correlation coefficient 

(ICC) of ultrasound in measuring AT strains (0.72-0.86) and coefficient of multiple 

correlation of measuring PT strains (0.77-0.82) [145, 174], but it should be noted that these 

studies only measured tendon strain during static movements. 

2) Challenging to measure ligament strains: Ultrasound is mostly used clinically to diagnose 

ligament injuries [179-182], but rarely to measure ligament strains. This is largely due to 

the difficulty of obtaining clear images of complete ligament structures as they are normally 

small and located beneath neighbouring tissues. In addition, ligaments commonly are 

directly adjacent to bone and other hypoechoic tissues, which can lead to artefacts and 

reduced ligament visibility in ultrasound images. Furthermore, in traditional ultrasound 

images, the ligament appears hypoechoic at rest because of anisotropy artefacts and 

hyperechoic under loading due to tightening of the ligament microstructure [168, 183]. This 

change in appearance between loading conditions can help differentiate the ligament from 

other tissues but causes difficulties when trying to quantify ligament strain patterns 

throughout an entire movement. 

3) Confounded by out-of-plane motion: The complexity of measuring the deformation of 3D 

soft tissues in planar 2D ultrasound images is another key limitation of ultrasound. MJ 

tracking and speckle tracking both require tracking landmarks or pixels in the 2D ultrasound 

image. Out-of-plane strains resulting from tissues bulging, rotating, or twisting may be 

missed or misinterpreted as in plane translation. Freehand 3D ultrasound addresses this 

limitation, but cannot be applied to dynamic movements because the transducer must be 

swept over the length of the tissue [184, 185]. 

4) Transducer fixation over tissue: For ultrasound measurement of dynamic activities, the 

transducer must be fixed over the tissue of interest as any motion of the transducer relative 

to the body can cause measurement error. This requires that the transducer is strapped to the 

body which may alter natural movement patterns. Finally, dynamic measurements are 

typically limited to a treadmill to avoid moving the ultrasound cart over-ground with the 

subject. 
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2.5.5. Future work 

Ultrasound methods are currently the most clinically viable for assessing musculoskeletal soft tissue 

strains due to their non-invasive, non-radiative, and relatively low-cost nature. However, their 2D nature 

limits the accuracy and repeatability of this method. Freehand 3D ultrasound scanning has been 

developed to quantify the 3D AT deformation in vivo [143, 185], including changes in AT length, AT 

width, thickness, cross-sectional area, and volume [143, 186]. This technique relies on a conventional 

ultrasound machine coupled with a transducer instrumented with reflective markers and an optical 

tracking system. The operator performs transverse ultrasound scans from the calcaneus along the AT to 

the gastrocnemius muscle [184, 187], during which the spatial position and orientation of the ultrasound 

transducer are recorded. Then, the 2D ultrasound images (between-frame interval of 0.1-0.5 mm) are 

transformed into the global coordinate system to create a 3D AT reconstruction [188]. Highly precise 

2D-to-3D transformation of the image (error under 1mm) can be achieved after temporal and spatial 

calibration of the ultrasound transducer [184, 188]. Measurements of 3D AT deformations then require 

a series of digital processing procedures such as segmenting and rendering AT cross-sections, 

reconstructing 3D AT volumes, and defining measurement sites [184]. The applicability of 3D freehand 

ultrasound to dynamic movements, however, remains to be established (Fig. 5). 
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2.6. Summary and Perspectives 

In-vivo strain measurements have provided important insights into the mechanical function of 

musculoskeletal soft tissues, resulting in improved rehabilitative and surgical treatments in sports 

medicine. This review has presented three main state-of-the-art methodologies that enable quantification 

of soft tissue strain patterns during dynamic movements: implantable strain sensors, virtual fibre 

elongation, and ultrasound. Each methodology has provided key measurements that altered treatments 

and rehabilitation for musculoskeletal soft tissues. However, further innovations in the measurement 

technologies and their clinical implementation will be necessary to facilitate a data driven revolution to 

personalize sports medicine treatments. 

Each strain measurement technique has its own virtues and limitations in terms of safety, 

application, and accuracy (Table 1). Implantable sensors enable strains in deep tissues to be measured 

with high accuracy and frequency. However, the sensor designs that have been implanted in humans are 

highly invasive, can impinge on neighbouring tissues, limit the movements that can be performed, and 

require a data transmission wire to cross the skin. The virtual fibre elongation method enables elongation 

measurements of multiple deep and superficial tissues during highly dynamic movements. However, it 

can expose the subjects to radiation depending on the imaging method, and can only quantify bone-to-

bone tissue length changes and thus cannot differentiate between muscle and tendon strain. Ultrasound 

methods provide unique advantages because they are non-invasive, do not expose subjects to radiation, 

and provide direct imaging of the soft tissue structures. Ultrasound also provides the unique possibility 

to measure regional tissue strains compared to implantable sensors and the virtual fibre elongation 

methods which can only assess point-to-point strains. However, dynamic ultrasound has limited 

accuracy due to out-of-plane motion, and is largely only applicable to measure superficial muscles and 

tendons. Thus, researchers and clinicians must carefully consider the advantages and limitations of each 

measurement technique when planning new studies and interpreting results. 

Assessment of soft tissue slack length remains significantly challenging for each strain 

measurement technique. The inflection point method has been well validated for determining ACL slack 

length with implantable strain sensors, but it is uncertain whether similar experiments can be replicated 

on other soft tissues. The virtual fibre method currently has no reported method for measuring slack 

length, but potentially could be coupled with ultrasound. Ultrasound can provide measurements of slack 

length through visualizing tissue buckling or using shear wave propagation [189], but these may not be 

applicable to all tissues. Future studies should at the very least report the method used to determine the 

reference length and provide quantitative values of the tissue lengths. 

A key limitation of this study is that it only focused on measurement techniques that have been 

applied to measure in-vivo human musculoskeletal soft tissue strains during functional movements. 

However, several techniques have been used to measure in-vivo strains in animal tissue 
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(sonomicrometry [190], liquid metal strain gauges [55]), in-vivo strains in human bone [191], and in-

vivo loading in human tendons (fibre optic sensors [58], buckle transducers [57], shear wave 

tensiometers [149]). Furthermore, novel techniques such as near infrared spectroscopy [192] show 

promise to quantify musculoskeletal soft tissue mechanical properties. The working principles behind 

any of these techniques may lead to the needed breakthrough that overcomes the limitations of current 

strain measurement methods. 

In conclusion, we have found in-vivo strain measurements have improved clinical treatments 

for many musculoskeletal pathologies including ACL reconstruction, AT repair, and TKA. However, a 

new generation of clinically viable technologies are needed to facilitate a data driven progression of 

personalized surgical and rehabilitative sports medicine treatments. 
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In this study, the author mainly worked on the preparation of capacitor and LCR sensor samples. The 

author jointly performed the tensile testing on the sensor sample, as well as the final ex-vivo 

measurements of the bladder volume. 

 

Reasons that the paper fits into the topic of this thesis: 

This paper presented a stretchable sensor technology, which severs as the foundation of the development 

of the stretchable strain sensor for measuring musculoskeletal soft tissue strains. Therefore, this paper 

consists of key technological information that is critical to the interpretation on the rationality of further 

sensor optimization. In addition, during his PhD, parts of the thesis author’s work was to collaborate 

with Dr. Flurin Stauffer to finalize the technology development and validation (within the scope of this 

paper), in order to handle the sensor fabrication approaches for executing his own PhD project. 
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Abstract 

Sensing mechanical tissue deformation in vivo can provide detailed information on organ functionality 

and tissue states. To bridge the huge mechanical mismatch between conventional electronics and 

biological tissues, stretchable electronic systems have recently been developed for interfacing tissues in 

healthcare applications. A major challenge for wireless electronic implants is that they typically require 

microchips, which adds complexity and may compromise long-term stability. Here, a chipless wireless 

strain sensor technology based on a novel soft conductor with high cyclic stability is reported. The 

composite material consists of gold-coated titanium dioxide nanowires embedded in a soft silicone 

elastomer. The implantable strain sensor is based on a resonant circuit which consists of a stretchable 

plate capacitor and a coil for inductive readout of its resonance frequency. Successful continuous 

wireless readout during 50% strain cycles is demonstrated. The sensor element has a Young’s modulus 

of 260 kPa, similar to that of the bladder in order to not impair physiological bladder expansion. A proof-

of-principle measurement on an ex-vivo porcine bladder is presented, which shows the feasibility of the 

presented materials and devices for continuous, wireless strain monitoring of various tissues and organs 

in vivo. 

Keywords: Chipless, Soft conductors, Strain sensors, Stretchable electronics, Wireless sensors 
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3.1. Introduction 

Sensing tissue deformation can provide important insights into tissue states, functionality, response to 

injury, diseases, and healing progression. Stretchable electronics have been developed to seamlessly 

adapt to curved and rough surfaces in dynamic environments such as biological tissues. In addition, by 

reducing the mechanical mismatch between electrical devices and the surrounding soft tissues, such 

devices can effectively reduce tissue damage, enabling close device integration for non-invasive and 

invasive monitoring, as well as diagnostic and therapeutic applications in modern healthcare.[1–3] For 

instance, continuous, long-term monitoring of deformation of the bladder could provide critical 

information to patients with neurogenic lower urinary tract dysfunction.[4] Similar conditions can also 

be found in patients with spinal cord injury, who not only suffer from reduced motor ability, but often 

also loose part of their body’s proprioceptive feedback system, including a loss of sensation of the 

bladder filling level. This represents a severe challenge to the patient’s health-related quality of life,[5] 

since excessive storage pressure in the bladder may lead to urinary reflux toward the kidneys, severe 

damage of the upper urinary tract, and progression toward kidney failure.[3,5] 

Nowadays, state-of-the-art treatment for preventing overpressure in the bladder requires that 

patients perform intermittent self-catheterization four to six times daily, regardless of how full their 

bladder is.[4,6] Even though techniques for monitoring deformation of the bladder have previously been 

developed, these approaches still have several obstacles to overcome.[7] Here, gold-standard non-

invasive technologies use ultrasound or catheter-based instruments that are applicable for acute 

measurements, however continuous monitoring over days is not feasible.[8] Implantable solutions have 

also been investigated, mainly based on resistance or capacitive changes in the sensing element,[9–11] but 

such approaches are limited by issues involving biocompatibility, hermetic packaging, communication, 

operating power, drift, or incompatibility with medical imaging tools.[7] Moreover, readout of 

deformation changes requires an implantable electronic circuit for measurement and communication to 

the electronics outside of the body, and therefore requires complex hermetic packaging strategies. 

To circumvent active electronics, an elegant solution has been reported that uses passive 

wireless resonant sensors for measuring pressure, strain, temperature, and humidity among others.[12,13] 

However, no existing passive sensor solution has yet been proposed that is suitable for the assessment 

of high deformations (>20% strain) without interfering with the bladder expansion. In recent years, 

tremendous progress has been made towards conductors that are highly stretchable while maintaining 

high conductivity[14–17] as well as highly stretchable strain sensors.[18–22] Most of these approaches use 

polydimethylsiloxane (PDMS) or other elastomers with a Young’s modulus (E) of a few MPa,[14] which 

is nevertheless still considerably higher than most biological tissues.[23] A promising solution for 

producing ultrasoft conductors involves liquid metals embedded in very soft elastomers such as Ecoflex 

(E = 30–70 kPa).[24,25] However, whether these approaches are feasible for implants remains unclear, 
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since their possible long-term degradation due to oxidation is plausibly problematic in wet body fluid 

environments. Therefore, an ultrasoft, implantable, and long-term stable stretchable conductor is still 

missing. 

In this work, we present a soft stretchable conductor based on gold-coated titanium dioxide 

nanowire (Au-TiO2 NW) layers embedded in an ultrasoft silicone elastomer that remains conductive at 

strains as high as 100% without substantial cyclic fatigue. We describe a strain sensing approach for an 

implantable, passive RLC circuit to measure full range tissue deformation, based on stretchable 

electronics with a wireless readout system that avoids any active circuit elements in the implant. Our 

strain sensing element is designed to have similar mechanical properties to the tissue in order to avoid 

interference through mechanical deformation during bladder filling. Our approach uses an operating 

resonance frequency from 1 to 30 MHz, where the tissue is basically invisible to the electromagnetic 

inductive coupling, making it feasible to communicate through higher tissue depths compared with most 

wireless systems that work within the high MHz to GHz region. Working toward the development of a 

closed-loop neuroprosthetic bladder control system,[26] our vision is to bridge the gap between minimally 

invasive strain measurement systems while still allowing continuous monitoring of bladder expansion 

status over time. 
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3.2. Results and Discussions 

The system consists of an implantable stretchable sensor and a portable readout system that can further 

communicate with a mobile phone (Figure 1a). The circuit diagram of the sensor system is illustrated in 

Figure 1b. The implantable sensor consists of an electrical RLC circuit with a variable capacitor that 

changes upon strain. The resulting changes in the RLC resonance frequency can be read wirelessly by 

inductive coupling via the coils of the sensor and the readout system. The portable readout system with 

its coil is shown in Figure 1c. The stretchable RLC circuit (Figure 1d) is composed of an electromagnetic 

coil, i.e., a coiled electrical wire connected to a stretchable capacitor that acts as the sensing element. 

The size of the stretchable sensing element can be tuned from millimetres to centimetres without 

changing the resonance frequency range by adjusting the dimensions of the plate capacitor and the coil 

windings. Therefore, the sensor size and the tissue surface coverage can be tailored accordingly. The 

stretchable plate capacitor comprises of two-stacked layers of Au-TiO2 NW films embedded in an 

elastomer matrix (Figure 1e). 

 

Figure 1. Concept for an implantable, passive strain sensor to measure large tissue deformations wirelessly. a) Schematics of 

proposed concept including the passive, implantable sensor, a portable readout system, and a mobile application. b) Circuit 

diagram of the sensor system. The sensor consists of an RLC circuit with a stretchable capacitor acting as the sensing element. 

The resonance frequency of the sensor is readout via inductive coupling. c) Photo of the readout system with its coil. d) Photo 

of the implantable RLC sensor with a stretchable capacitor based on a soft Au-TiO2 NW– elastomer composite. e) Side view 

scanning electron microscope image of a cut through the stretchable plate capacitor exposing the conductive double layer 

embedded in the elastomer. 

3.2.1. Electromechanical Aspects: Ultrasoft Stretchable Conductors 

A key factor for a successful stretchable sensor is the maintenance of high conductivity even during high 

strains and cyclic reliability without fatigue. Creating an implantable, ultrasoft conductor that fulfils 

these requirements is not trivial. High performance stretchable NW conductors are often based on silver 

NWs (AgNWs) embedded in polydimethylsiloxane (PDMS), mostly Sylgard 184.[27,28] Toward soft 

implants with long-term biocompatibility and stability, we developed novel Au-TiO2 NWs to replace 
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the AgNWs. Biocompatibility of these Au-TiO2 NWs embedded in an elastomer (Sylgard 184) was 

demonstrated by Tybrandt et al. with electrode arrays implanted on the brain surface in freely moving 

rats and successful brain activity recordings over three months.[29] In addition to improved 

biocompatibility and stability, the Au-TiO2 NWs are directly applicable to softer elastomers like 

Dragonskin (DS) as the fracture formation remains limited to microcracks (Figure 2a). In comparison, 

AgNW networks embedded in DS showed substantial crack formation in the AgNW film upon strain, 

eventually leading to electronic failure even at low strains (Figure S1, Supporting Information). 

Stretchable samples were fabricated with an Au-TiO2 NW film embedded in DS that had 20 mm long 

and 0.5 mm wide tracks (Figure 2b), as described in the Experimental Section. The sample had an initial 

resistance of 21.7 Ω corresponding to a sheet resistance of 0.54 Ω ◽−1 and a conductivity of 4630 S 

cm−1 for an average layer thickness of around 4 μm. The track remains conductive even during strains 

as high as 100% with a resistance of 1250 Ω (corresponding to 11 Ω ◽−1). Cyclic reliability was 

examined over 500 successive strain cycles for 5%, 20%, 50%, and 100% strains of our novel soft 

conductor (Figure 2c). Interestingly, even after 500 cycles of stretching to 100% strain, the resistance 

recovers to 27.1 Ω (corresponding to 0.678 Ω ◽−1), which was only a 24.7% increase over the initial 

value. This loss in conductivity is attributed to nonreversible loss in electrical NW–NW contacts in the 

initial cycles. The Au-TiO2 NW shows the same performance if embedded in Sylgard 184 (Figure S2, 

Supporting Information). 
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Figure 2. Electromechanical characterization of the soft and stretchable conductor. a) Bright field images showed formation 

of microcracks at 100% strain but maintained an electrically conductive path along the full track. b) Photo of an Au-TiO2 NW–

DS track at 0% and 100% strain. c) Electrical resistance measured during cyclic strain of an Au-TiO2 NW–DS composite track 

with progressive increase in strain with 500 cycles each. The insets show 5 cycles. d) The stress–strain curve of the sensor, a 

double-layered Au-TiO2 NW–DS composite, is compared to pure Sylgard 184 and DS 10 without filler material. e) The Young’s 

modulus calculated from the stress–strain curve at 40% strain compared to ex-vivo pig bladder values that varies with the 

filling volume. 

Since the sensor element deforms with the bladder wall, the mechanical properties of the sensor 

are crucial. The sensor needs to be soft enough to not hinder bladder deformation. Therefore, the 

Young’s modulus of the sensing element needs to be smaller than or similar to that of the bladder wall. 

Stretchable samples with double-layered Au-TiO2 NW films were fabricated by subsequent Au-TiO2 

NW transfer from filter membranes and encapsulation in DS.[28] The mechanical property of this double-

layered sample was compared with DS without fillers and PDMS (Sylgard 184). The samples were 

stretched above 100% while measuring the applied stress as shown in Figure 2d. The corresponding 

Young’s modulus at 40% strain was 260 kPa, 190 kPa, and 1.36 MPa for the sensor, pure DS, and 
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Sylgard 184, respectively. The double-layered filler increased the modulus of DS by only 37%. This is 

a very small effect compared with other filling materials such as metallic particles or carbon nanotubes 

that produce a more substantial increase.[30–32] Importantly, the sensor is still five times softer than PDMS. 

Organs like the human bladder can highly deform and hold a filling volume of between 300 and 500 mL 

before the desire to urinate occurs, but can hold considerably more if necessary.[33] The Young’s modulus 

of porcine bladder in vivo is dominated by the mucosa layer of the bladder wall and was measured to be 

around 64–183 kPa depending on the position.[34] In addition, the Young’s modulus of the bladder wall 

also depends on its filling state varying from 140 to 526 kPa as measured ex vivo for a bladder filling 

state from 0 to 200 mL.[34] Our sensor element lies in a similar Young’s modulus range (Figure 2e). 

Since our sensor is five to ten times thinner than the bladder wall, the mechanical influence on the 

expanding bladder should be minimal. Finally, using this soft Au-TiO2 NW–DS composite, we 

fabricated planar plate capacitors that increase their capacitance upon strain (𝜖) according to geometrical 

changes, with 

𝐶 = (1 + 𝜖)𝐶0  (1) 

as shown in Figure 3a. 

 

Figure 3. Characterization of the highly stretchable wireless strain sensor. a) The capacitance of the sensor changes linearly 

with strain. b) The measured VSWR over frequency without sensor and with an electromagnetically coupled RLC sensor at 0% 

and 50% strain. c) Applying strain on the sensor leads to an increase in capacitance and therefore to a decrease in resonance 

frequency. The forward and reverse response during the 1000 th cycle stretched to 50% is shown. 

3.2.2. Wireless Strain Sensing 

The sensing principle is based on inductive coupling of the RLC sensor circuit with a readout coil outside 

of the body (Figure 1). The readout system uses a frequency sweep for detecting the resonance frequency 

of the sensor. Here, a portable Arduino-based network analyser was constructed to measure the voltage 

standing wave ratio (VSWR) of the RLC sensor system (Figure 1c). If the capacitor is stretched, it causes 

a relative change in resonance frequency of the RLC circuit. The undamped resonance frequency of the 

sensor is 
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𝑓 =
1

2𝜋√𝐿𝐶
 

(2) 

where 𝐿 is the inductance and 𝐶 is the capacitance. For the underdamped resonance frequency, 

we can assume 𝑓𝑑 ≈ 𝑓 (see Supporting Information). Figure 3b shows the VSWR measurement of the 

readout system with and without a coupled sensor at 0% strain and at 50% strain. The peak in the VSWR 

measurement is caused by the resonance frequency of the sensor. Stretching the capacitor leads to an 

increase in capacitance, which results in decrease in resonance frequency with only minimal hysteresis 

during the stretch cycle (Figure 3c). The small hysteresis occurs likely due to a viscoelastic relaxation 

effect in the elastomer which can influence and delay the geometrical changes of the capacitor. The 

resonance frequency in dependency of the initial resonance frequency 𝑓0 and the strain is given by 

𝑓 =
𝑓0

√1 + 𝜖
 

(3) 

as derived in the Supporting Information and shown in Figure S3 in the Supporting Information. 

For strains between 0 and 0.5, the gauge factor ranges between 0.37 and 0.5 (Equation (S9), Supporting 

Information). Upon emersion of the sensor in water, the resonance frequency lowers by around 1 MHz 

due to a change of the coil inductance 𝐿 (Figure S4a, Supporting Information). The stretchable sensing 

element was not affected by the immersion in water or body fluids. In addition to the presented sensor, 

our fabrication method and the high conductivity also allow for creating fully stretchable RLC sensors 

while avoiding additional cables and contacts (Figure S5, Supporting Information). 
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Figure 4. Demonstration of wireless strain sensing in water on a fresh ex-vivo pig bladder. a) water (200 mL) was pumped 

into the bladder, while the resonance frequency of the sensor is monitored continuously from outside the bath with the wireless 

readout. The sensor response was used to estimate the filling level of the bladder. Initially, the bladder was completely empty 

for 5 s. Filling the bladder leads to an initial unfolding before expanding. At full expansion, the estimated filling level drops 

slightly due to the internal pressure causing water flowing back into the tubing system and minor sensor hysteresis. Finally, 

passive bladder voiding leads to a decrease in bladder volume. The sensor is back to the original state after complete voiding. 

b) Estimated versus injected volume during the filling process and actual bladder expansion. The sensor measures the 

expansion but not the unfolding of the bladder (in grey). c) Images during the bladder extension with the sutured sensor and 

the wireless readout. The bladder is folded at 0 mL, unfolds completely at around 95 mL, and is highly extended at 200 mL. 

3.2.3. Ex-Vivo Bladder Volume Sensing 

In order to demonstrate the proof of concept of our strain sensing system, we have applied it to real 

tissue. We sutured the sensor onto a fresh ex-vivo porcine bladder (Figure 4). The bladder including the 

complete sensor was placed in water to simulate the body fluid environment. Water (200 mL) was 

pumped into the bladder through a tube inserted into the urethra and released passively via the same 

tube. The resonance frequency was monitored continuously from outside the bath with the wireless 

readout. One exemplary filling and release cycle is shown in Figure 4a. The measured resonance 

frequency was translated to a strain (𝜖) according to the rearranged Equation (3) 

𝜖 =
𝑓0
2

𝑓2
− 1 

(4) 

and the bladder filling was estimated by assuming a homogenous extension of an ellipsoid as 
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𝑉𝑒𝑠𝑡𝑖𝑚𝑎𝑡𝑒𝑑 =
4

3
𝜋(𝑟0 + 𝑟0𝜖)

2(ℎ0 + ℎ0𝜖) 
(5) 

with 𝑟0 =
𝑈ℎ0
2𝜋

 and ℎ0 =
𝑈𝑣0
𝜋
− 𝑟0 . The horizontal and vertical bladder circumferences were 

measured at rest as 𝑈ℎ0=140 mm and 𝑈𝑣0=210 mm. Filling the bladder led to an initial unfolding to 

around 95 mL, followed by expansion. At full expansion, the filling level dropped slightly due to the 

internal pressure, causing water flowing back into the tubing system and a small hysteresis due to the 

fast filling speed (Figure S4b, Supporting Information). For normal bladder filling speeds, the sensor 

exhibited a highly stable response. Finally, passive bladder voiding led to a decrease in bladder volume. 

The sensor returned to its original state after complete active voiding. Figure 4b shows the estimated 

volume as the function of the injected volume during the filling process. In the initial phase, the bladder 

accommodated the liquid without strain by smoothening internal wrinkles that exist in the empty state. 

However, above a critical volume of about 95 mL, the bladder started stretching and a linear dependency 

was observed, indicating the minimal volume above which the sensor is able to provide a reliable 

feedback about the filling state of the bladder (Figure 4c). 
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3.3. Conclusions 

We present a novel soft conductor with high cyclic stability and a strain sensor with a chipless wireless 

readout. This system allows wireless strain sensing at strains of up to 50% with a readout distance of up 

to several cm. In addition, the sensor element has a Young’s modulus of 260 kPa, which allows direct 

interfacing to biological tissue without impairing its physiological extension and contraction. This has 

been demonstrated with a proof-of-principle measurement on an ex-vivo porcine bladder. The 

advantages of the novel Au-TiO2 NW–DS composite are threefold: First, it is five times softer than the 

conventional stretchable conductors made of Sylgard 184. Second, no performance loss or irreversible 

damages were observed during 100% strain cycling. Third, all involved materials are biocompatible. 

Additional advantages of the presented sensor are its simple structure and low cost, but importantly also 

that strain sensing is purely passive, thus not requiring an internal power source, which positively affects 

the sensor life-expectancy and avoids the requirement for hermetically sealed electronics. As such, 

regulatory and safety issues become much simpler. Overall, the presented materials and devices could 

enable continuous, wireless strain monitoring of various tissues and organs in vivo. 
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3.4. Experimental Section 

Au-TiO2 NW Synthesis: Adapted from Tybrandt et al.,[29] TiO2 NWs (ACS Material, TiO2NW-A, length 

≈10 μm, 0.6 mg), hydroxylamine (Sigma Aldrich, 50%, 244 μL), and polyvinylpyrrolidone (Sigma 

Aldrich, MW 50 k, 1.32 g) were mixed with DI water to a final volume of 40 mL. Gold(III) chloride 

solution (Sigma Aldrich, Au 17 wt%, 244 μL) was diluted in DI water to a final volume of 40 mL. The 

gold solution was added with a syringe pump into the TiO2 NW solution under stirring (4 mL at 5.6 mL 

min−1, then 36 mL at 2.8 mL min−1). Hydrochloric acid (Sigma Aldrich, 37%, 2 mL) was added 5 min 

after completion. The solution was heated up under stirring to 80 °C for 15 min. After cooling down, 

dispersion was put through a 40 μm sieve to remove eventual large aggregates. The final concentration 

amounted to 0.625 mg mL−1.  

Stretchable Conductors: For patterning Au-TiO2 NW tracks (20 mm length, 0.5 mm width), a 

wax-assisted vacuum filtration method was used.[28] Wax patterns were printed on hydrophilic 

polyvinylidene fluoride (PVDF) membranes (0.22 μm pore size, Millipore) with a Xerox ColorQube 

8570N wax printer (pure black, photo quality). Au-TiO2 NW (5 mL) was dispersed in 20 mL DI water 

and filtered through the presoaked membrane. The Au-TiO2 NW deposited on the membrane that was 

subsequently dried on a hotplate at 45 °C for 5 min. The Au-TiO2 NW was consecutively washed and 

dried on the membrane by filtering phosphate buffered saline (PBS) followed by DI water, resulting in 

a surface coverage of the Au-TiO2 NW pattern of 1.56 mg/cm2. DS (Dragon Skin 10 slow cure, Smooth-

On) was spin coated on a silanized wafer with 4000 rpm for 30 s. After 2 min at room temperature, the 

Au-TiO2 NW was transferred from the PVDF membrane onto the semicured DS by gently placing the 

membrane in contact with it. The wafer was placed on a hotplate at 75 °C for 6 min with a weight (1 kg) 

on top. Afterward, the PVDF membrane was peeled off, leaving the Au-TiO2 NW on the DS. A diluted 

DS solution (DS:heptane 1:20) was spin coated (6000 rpm, 30 s) to reinforce the contact pads and cured 

(75 °C, 3 min). A 25 μm polyethylene naphthalate (PEN) foil (Teonex Q51) was used to mask the 

contact pads, and a layer of PDMS was spin coated on top (4000 rpm, 30 s). The PEN foil was removed, 

and the samples were cured (80 °C, 16 h). The samples were clamped in a tensile testing machine (DO-

FB0.5TS, Zwick/Roell) with copper tape and liquid metal (eutectic indium gallium, Sigma Aldrich) as 

contacts. A digital multimeter (Agilent 34401A) was used to measure the resistance at 10 Hz. The 

samples were stretched at a rate of 5 mm s−1. 

Stretchable Capacitor and RLC Circuit: The plate capacitor was fabricated by multilayer 

stacking. For the first layer, DS was spin coated (1500 rpm, 30 s) and Au-TiO2 NW was transferred as 

described above. In all subsequent steps, 25 μm PEN foil (Teonex Q51) was used to mask the contact 

pads and was removed each time after spin coating. A diluted DS solution (DS:heptane 1:2) was spin 

coated (8000 rpm, 30 s) to cover the first layer and was cured on a hotplate at 75 °C for 3 min. A third 

layer of diluted DS (DS:heptane 2:1) with a different ratio DS–heptane ratio was spin coated (8000 rpm, 
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30 s) to transfer the second layer of Au-TiO2 NW. Finally, pure DS was spin coated (1500 rpm, 30 s) to 

cover the sample with the final layer. Then, the sample was cured on the hotplate at 75 °C overnight. To 

complete the RLC resonant circuit, a coil inductor was bonded to the capacitor using conductive epoxy 

(EPO-TEK H20E), and the contacts were encapsulated with a silicone sealant (734 Flowable Sealant, 

Dow Corning). A tensile testing machine (DO-FB0.5TS, Zwich/ Roell) was employed to stretch the 

sensor from 0% to 50% strain at 0.015 mm s−1 during sensor readout and 5 mm s−1 during fatigue 

cycling. The resonance frequency of the sensor was recorded continuously during the stretching test at 

a measurement rate of 1.25 Hz. The mechanical modulus test was conducted with a strain rate of 2 mm 

s−1. 

Readout System: The resonance frequency of the sensor was readout by measuring the VSWR, 

swept over a frequency range, of the inductively coupled sensor and readout coil with a portable 

Arduino-based network analyser. The distance between the coils was kept constant at ≈1 cm. 

Ex-Vivo Porcine Bladder Test: The two ends of the sensor were sutured (Ethicon Sutures, 8807H) 

on a fresh porcine bladder along the vertical circumference. A tube was inserted through the sphincter 

into the bladder, which was placed in a PBS bath. PBS was injected and controlled by a pump, a 

flowmeter, and an Arduino. After filling, the bladder was emptied passively and finally actively to eject 

the remaining fluid through a valve. 
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Abstract 

Measurement of in-vivo strain patterns of musculoskeletal soft tissues (MST) during functional activities 

can reveal their biomechanical function, support identification and understanding their pathologies, and 

quantify tissue adaptation during healing. These critical scientific and clinical insights have motivated 

the development and application of various strain sensors to quantify MST strains in either intraoperative 

or dynamic in-vivo scenarios. In this study, an passive biocompatible strain sensor system was developed 

based on stretchable electronics and radio frequency identification technologies. In this system, a 

flexible inductor-capacitor-resistor sensor was fabricated and was excited by a custom-designed readout 

box through electronic resonance at a specific frequency. The resonant frequency (RF) of the sensor 

changes when the capacitor is stretched, which is recorded by the readout box at a high sampling rate (1 

kHz). Suturing the stretchable capacitor onto the surface of the MST allows it to be stretched in line 

with musculoskeletal deformations, hence providing an indirect method to assess the MST strain 

patterns. The signal remained linear between 0 and 25% strain and was electronically stable in a 

simulated in-vivo environment for one week and over 100’000 cycles of fatigue loadings. The strain 

sensor had outstanding resolution (0.1% strain, ≈9 µm) during wireless strain measurement in all 

conditions. Ex-vivo tensile tendon testing demonstrated that the sensor could provide accurate strain 

measurement in a sheep plantaris tendon. In-vivo sensor implantation and strain measurement indicated 

that the sensor was able to record the repetitive strain patterns in the medial gastrocnemius tendon of a 

sheep during trotting. This study indicates the applicability of the sensor system for studying the 

biomechanical function of MST in vivo. 

Keywords: Biosensors, Stretchable electronics, Soft tissue strains, Tissue loadings, Musculoskeletal 

biomechanics  
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4.1. Introduction 

Musculoskeletal soft tissues (MSTs), such as ligaments and tendons, play principal roles in absorbing 

external impacts [1], stabilizing joints [2], and providing joint proprioception [3]. Injuries to MSTs can 

limit musculoskeletal function and initiate tendinopathy and osteoarthritis in neighbouring tissues, and 

thus permanently impact quality of life [4-6]. Successful treatment of MST injuries relies on a 

comprehensive understanding of the functional demands of MSTs during dynamic activities and the 

healing and pathologic adaptive response of a tissue to loading. Quantification of in-vivo tendon strains 

have revealed the complex interactions within muscle-tendon units that transmit energy from muscle 

contraction, amplify power output, and absorb shocks during impact [7, 8]. Measurements of in-vivo 

ligament strains during various activities have supported the optimization of rehabilitation protocols to 

stimulate anterior cruciate ligament healing and avoid damage [9, 10], and aided in the evaluation of the 

effects of total knee arthroplasty techniques and component designs on soft tissue loadings and 

pathological adaptions [11, 12]. The quantification in-vivo MST strains are therefore critical for both 

facilitating scientific discoveries on tissue function and driving innovative clinical treatments. 

Implantable strain sensors can be physically attached to the ligament and tendon to convert deformation 

of the tissue into sensor electrical signals [13], and thus enable in-vivo strains to be measured in humans 

with high accuracy and sampling rates [13-15]. Current tendon strain sensor designs aim towards a 

revolutionary technology that provides sufficient robustness, minimal tissue disruption, wireless data 

transmission, and long-term biocompatibility, in order to withstand the demands of in-vivo MST strain 

measurements during dynamic activities including repeated and rapid tissue deformations (i.e., strain 

rates up to 50%/s in Achilles’ tendons [16]), and minimize risk to subjects.  

Various implantable sensors have been used to measure MST strains in vivo, but previous 

measurements in human have almost exclusively been limited to intraoperative environments and 

widespread application of strain sensors in patients has not been achieved due to limitations in sensor 

designs. As an example, magnetic field sensors, such as Hall effect strain transducers and differential 

variable reluctance transducers, have been implanted onto the ACL of human subjects to measure ACL 

strains throughout a variety of movements such as squatting and bicycling [10, 17]. However, there are 

several disadvantages that limit these sensor designs for in-vivo MST strain measurements. First, the 

rigid construction of these sensors led to sensor impingement with neighbouring musculoskeletal tissues, 

which limits the tissues and postures that can be measured [15]. Second, the fixation methods adopted 

by these sensors are sub-optimal for dynamic measurements of MST strains. Magnetic field sensors can 

be fixed through pressing two barbs of the sensor into the tissue [18, 19], but the security of the fixation 

during dynamic measurements may be weak. Finally, it is important to note that these sensors require a 

cable to transmit the measurement signal [18, 20, 21], and thus an transcutaneous incision limiting the 

applicability to both human and animal experiments. Furthermore, bending of the cable can induce 
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artefacts in the sensor signal [22]. Thus, many clinically important MST strain measurements that could 

advance orthopaedic treatments would become possible through a novel sensor technology that enables 

long-term dynamic in-vivo measurements. 

Recent advances in stretchable electronics have facilitated the development of membrane-like 

stretchable strain sensors with great potential for clinical application through their unique soft 

constitutions that can easily conform to the surface morphologies of tissues and thus minimize sensor 

impingement. These sensors have shown outstanding conductivity, stretchability, and durability [23-25], 

and have been used to track human body movements [26-30], measure human bladder volume, and 

monitor heart rate [31-33]. These sensors are typically fabricated by embedding conductive materials in 

stretchable elastomers, and can be generally classified into resistive-type sensors consisting of a single 

conductive layer [28, 30, 34] or capacitive-type sensors with two conductive layers [29, 33, 35]. In a 

capacitive-type sensor, the capacitance increases upon stretching due to thinning of the dielectric layer 

and shape variation of the overlapping area [36, 37]. The capacitive-type sensor has low hysteresis, less 

overshoot, and higher linearity in its electromechanical response compared to the resistive-type sensor 

[36, 38, 39]. Despite the disruptive technology in implantable strain sensors, to our knowledge, very few 

stretchable strain sensors have been employed to quantify MST strains [40, 41]. Zens and co-workers 

used a capacitive-type sensor to measure anterolateral ligament strains on a knee specimen [41]. Boutry 

and co-workers developed a biodegradable sensor that enables the monitoring of long-term MST strains 

[42]. However, the sensors were glued on the tissues during measurement, which may lead to tissue 

damage and biocompatibility issues. There is also a lack of a full demonstration of these elastomer-

based strain sensors on the ability to endure long-term and high-rate fatigue loadings. Importantly, the 

sensor techniques of both research groups failed to incorporate wireless data transmission across the 

skin, which can be realized through wireless sensors that use on-board batteries [43, 44], Near Field 

Communication technology [32], or antenna coils [33, 36, 45].  

In this study, we introduce an advanced stretchable sensor system with calibration methodology 

and provide a comprehensive demonstration of the strain measurement capacity in both ex-vivo and 

simulated in-vivo conditions. In our sensor, the stretchable capacitor has been used for wireless signal 

transmission by simply adding a coil to the capacitor to create a chipless inductor-capacitor-resistor 

(LCR) sensor that can be wirelessly powered and monitored via an external readout [33, 46]. 

Furthermore, we characterized the in-vivo function and biocompatibility of the sensor over an extended 

period of time. The system consists of a chipless and flexible stretchable sensor that is designed to be 

directly sutured onto MSTs in the body, a novel wearable readout that can wirelessly power and measure 

the sensor signal from the outside of the body, and an ios app that controls the system and displays 

sensor data in real-time. The system can simultaneously measure multiple sensors attached to different 

tissues, meaning that it can quantify the coordinated function of multiple passive tissues in a joint. The 

sensor has outstanding resolution for wireless strain measurement (0.1% strain, ≈9 µm), and remains 
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reliable over 100’000 cycles of fatigue loadings. We performed ex-vivo sensor measurements on a sheep 

plantaris tendon to illustrate the potential of the sensor system for dynamically quantifying the strain of 

soft tissues. In-vivo sensor implantation in a sheep and strain measurement on the medial gastrocnemius 

tendon demonstrate the applicability of the sensor system for characterizing in-vivo function of soft 

tissues during locomotion. Finally, the sensor was demonstrated to be biocompatible after implantation 

in a sheep for two months. 
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4.2. Results and Discussion 

4.2.1. Sensor design and properties 

The strain sensor system consists of an implantable strain sensor and a portable readout box (Figure 1b 

and 1d). The sensor has a stretchable capacitor containing two layers of conductive gold titanium dioxide 

nanowires (Au-TiO2 NW) separated by a layer of dielectric silicone rubber, resembling a membrane-

like “sandwich” structure that is embedded in biocompatible polydimethylsiloxane (PDMS) (Figure 1d, 

1e, and 1f). The capacitor is bonded to a coil inductor to form a LCR circuit, which is then casted in 

PDMS to construct the whole sensor. Based on induction coupling of the antennas [33, 47], the readout 

box can wirelessly excite the strain sensor from a distance up to 10 cm so that currents are initialized in 

the sensor and oscillate at a certain resonant frequency (RF). The RF of the sensor is dependent to the 

capacitance of the capacitor, and the capacitance varies with the length change of the capacitor [33]. 

Therefore, once the capacitor is fixed onto a MST, the strain in the MST can be quantified by using the 

readout box to wirelessly measure the RF of the sensor at a sampling rate of 1000 Hz. Without the need 

of a cable across the skin (Figure 1a), the high-rate wireless sensing function of the sensor system allow 

it to track the strain in MSTs during dynamic body movements because the skin incision for sensor 

implantation can well heal and potential interruptions from the cable immigration on the signal quality 

can be fully mitigated. 

As the sensing component of the sensor, the stretchable capacitor demonstrated excellent 

electronic performance during tensile tests. The capacitance increased with high linearity (R2 > 0.99) 

under axial strains from 5 to 20 % (Figure S1; Supplementary S1). The capacitor also had outstanding 

resolution, detecting strains down to 0.1 % (≈9μm). Moreover, the linearity and resolution of the 

capacitor remained unchanged after 100’000 cyclic loadings (Figure S1), suggesting that the capacitor 

maintained its structural and functional integrity without irreversible damage from material fatigue. 

These results indicate that the stretchable capacitor will unlikely exhibit performance loss while 

suffering highly repetitive loadings during long-period in-vivo dynamic measurements. To ensure 

accurate measurement of strains in the MST, we decided to stitch the sensor on the tissue using surgical 

sutures because it can provide a secure fixation without significantly affecting the native function of the 

MST. To prevent the damage on the soft component, two rigid suturing pads were fabricated and fixed 

on the capacitor. A custom-designed pre-strain device (Figure 1c) can hold the sensor at a custom-

defined pre-strain level during suturing, allowing measurements of both elongation and shortening of 

the MST during movements. 

Simultaneous measurement of multiple sensors is enabled by internally synchronizing different 

readout boxes with time packets sent from a “master” readout box to nearby “slave” readout boxes over 

Bluetooth (Figure S2). This function allows quantification of the concurrent strains in multiple MSTs 
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or different bundles of a MST, enabling the investigation of the coordination of multiple MSTs during 

dynamic movements. Moreover, the sensor system can be synchronized to other measurement devices 

(e.g., motion capture system and inertial measurement units) with a custom-designed sync box that can 

send and record digital and analog sync pulses (Figure S2). The sensor system is controlled by an iPad-

based app through Bluetooth connection (Figure S2). The received data can be transmitted to the iPad 

for a Fast Fourier Transformation (FFT, 512 points) to display the real-time RF of each sensor or stored 

on a SD card for offline data analysis (Figure S2; Supplementary S2). 

 

Figure 1. Wireless sensor technology for in-vivo measurement of musculoskeletal soft tissue strain. a) Scheme of in-vivo 

wireless strain measurement based on radio-frequency identification technology. b) Left: Sensor readout system including a 

readout box with antenna and an iPad app for controlling and displaying real-time sensor signal; Right: Synchronization of 

multiple readout boxes and start/stop control via Bluetooth. c) The raw data is processed with a FFT (512 points) to obtain the 

frequency resonant. d) Scheme of the stretchable strain sensor. e) Left: Stretchable capacitor; Right: Pre-strain device for pre-

stretching the sensor during implantation so that the sensor can measure both tissue elongation and shortening. f) conductive 

layer patterned with Au-TiO2 NW. 

4.2.2. Wireless sensing performance  

The wireless sensing performance of the sensor system was demonstrated to be excellent both in the air 

and in a simulated in-vivo condition. While the strain sensor was stretched to 25 %, its RF and Q-factor 

were measured (Fig. 2a). Because the macroscopic failures of MSTs occur at around strains of 8-15 % 

[48-51], 25 % of strain range ensured sufficient characterization of the sensor behaviour for the strain 

measurement of MSTs. With increasing strain applied to the sensor, the RF decreased due to the 

increasing of capacitance (Fig. 2b). Meanwhile, the Q-factor decreased, which was mainly due to the 

increased series resistance of the nanowire layers in the capacitor [52, 53]. When repeated cycles were 
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performed in the tensile machine, the RF signal was highly repetitive (Fig. 2c), suggesting that the sensor 

had little viscous mechanical behaviour.  
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Figure 2. Wireless measurement performance of the strain sensor. a) Experimental setup for wireless measurements with 

zoom in: tensile testing machine with strain sensor, readout box and iPad. b) Changes of sensor resonant frequency and Q-

factor against strains from 0 to 25%. c) Low hysteresis effect of the sensor under cyclic loadings. d) Two out of ten cycles of 

± 0.5%, ± 0.2%, and ± 0.1% strain steps at different pre-strain levels in air condition. e) Two out of ten cycles of ± 0.5%, ± 

0.2%, and ± 0.1% strain steps at different pre-strain levels in PBS condition. f) Corresponding signal to noise ratio SNR for 

both air and PBS conditions. g) The absolute (upper) and relative (down) resonant frequency changes with strains from 0% 

to 25% in air and PBS conditions 

Good resolution in wireless sensing is considered to be an important prerequisite of 

biomechanical applications to the sensor system [14, 15, 54]. In this study, it was demonstrated that the 

sensor system has an excellent resolution in wireless strain sensing, both in air and in phosphate buffered 

saline (PBS). For the test in air, 0.1 % strain (≈ 9 μm) led to an observable change in the RF of the sensor 

(Fig. 2d), indicating that even a small strain in the sensor perturbed the RF signal, and the variation was 

able to be detected by the readout box. The test in PBS aimed to simulate the in-vivo environment and 

demonstrated a similar resolution of the sensor system as the test in air (Fig. 2e). Strain sensors that 

adapted wired data transmissions were reported to have good signal resolution [40, 41, 54]. For wireless 

data transmission, good signal resolution can be achieved by using active sensors with internal power 

sources to send reinforced signal [43]. In this study, the strain sensor was made chipless and 

implemented passive data transmission, in order to simplify its structure for in-vivo implantation and 

extend life-expectancy. Nevertheless, the sensor system achieved a similar good resolution, indicating 

its advances compared to previous technologies.  

As the sensor will be surgically fixed at an unknown length during implantation, the effect of 

sensor pre-strain levels on the resolution of the sensor system was studied by comparing the signal to 

noise ratio (SNR). A small SNR may affect the ability of the sensor system in characterizing small strain 

variations. Overall, no clear relationship was found between the pre-strain level and the SNR of the 

sensor system. In air, the sensor had a larger SNR at 15 % pre-strain level compared to 10 % and 5 %. 

In PBS, however, the sensor signal was slightly noisier at higher pre-strain levels, where the SNR was 

smaller at 15 % pre-strain compared to 10 % and 5 % pre-strains (Fig. 2f). However, because of the low 

correlation between the pre-strain level and sensor SNR, the sensor may be freely implanted at any pre-

strain level from 5 to 15 % strains. Finally, regardless of the testing conditions, small overshoots were 

observed while 0.5 % strains were applied (Fig. 2d&2e). The overshoot behaviour can be explained by 

stress relaxation of polymers and friction between the solid nanowires and polymer molecules [23, 39, 

55, 56]. In this study, the signal overshoot was not observed at smaller strain steps (0.1 % and 0.2 %), 

suggesting that the magnitude of overshoot may be dependent to the level of strain step applied to the 

sensor. The relationship between overshoot and strain was also observed in another study, where Rahimi 

and co-workers found that their stretchable resistor showed larger overshoot at strains over 50 % 

compared to lower strains [57]. 

The sensor RF signal was measured during stepwise loadings, both in air and in PBS. For the 

test in air, the RF of the sensor gradually decreased from 13.80 to 12.53 MHz with strain increasing 

from 0 to 25 % (Fig. 2g). When the sensor was submerged in PBS, the RF of the sensor at 0% strain 
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decreased to 12.98 MHz, and the RF of the sensor decreased to 11.73 MHz at 25 % strain. Moreover, 

the relative change of the sensor RF was similar in both conditions, achieving a similar average gauge 

factor of 0.38 (Fig. 2g). This finding is important for in-vivo strain measurements. Before implantation, 

the sensor needs to be calibrated to axial strain. However, the calibrated sensor will be inaccurate in 

strain quantification if the gauge factor of the sensor changed in the living body. According to our results, 

the gauge factor of our strain sensor remained unchanged when the test was shifted from air to PBS, 

indicating that for future in-vivo measurement, the calibration performed outside can be used to convert 

the in-vivo RF signals to the strain results. This further demonstrated the applicability of our sensor 

system for in-vivo strain measurements.  

4.2.3. Ex-vivo testing 

The wireless sensing properties of the sensor system was tested in a simulated in-vivo environment (PBS, 

37 oC) for 1 week, in order to evaluate its change in a living body. As shown in Fig. 3a, the RF of the 

sensor decreased ~1 MHz one day after being immersed in PBS. Meanwhile, the Q-factor of the sensor 

significantly decreased on the first day from 35.9 to 18.7. These changes might be mainly due to the 

increased capacitance of the capacitor caused by PBS absorption, which was also reported in previous 

studies [58]. PBS absorption by the PDMS increased the parasitic capacitance between nanowire 

electrode and electrolyte through the PDMS [59]. Importantly, the RF and Q-factor of the sensor reached 

a plateau one day after the sensor was immersed, suggesting that the signal of the sensor could be stable 

during a longer period of time in the living body. In addition, the temperature in the living body slightly 

changes [60] during body movement, and therefore we evaluated the effect on the wireless sensing 

properties of the sensor system. As shown in Fig. 3b, the RF of the sensor increased from 13.863 to 

14.025 MHz from 22 to 45 oC in a linear relationship. Within the possible temperature range of 38-40 

oC in the mammal body, the RF of the sensor was only changed by 0.011MHz. Such a temperature-

induced variation only accounts for a small error of 0.2% to the strain measurement, which can be greatly 

mitigated by in-vivo pre-conditioning (i.e., warm-up walking) before measurement.  

The applicability of the LCR sensor for in-vivo strain measurements of MSTs was tested with 

ex-vivo tensile testing using cyclic loading of a cadaveric sheep plantaris tendon in a tensile testing 

machine (Fig. 3c). As shown in Fig. 3d, the sensor system successfully recorded continuous repetitive 

strain variations during cyclic loading. Following calibration of RF to the length changes measured with 

sonomicromertry crystals located underneath the sensor, the RF variations accounted for an average 4.2% 

strain in the tendon throughout the 51 cycles of loadings (Figure 3d). When comparing these results to 

the tensile testing machine, the sensor system measured a slightly larger strain in the tendon. It should 

be noted that the tensile testing machine measures the overall length changes of the tendon, while the 

sensor measures a region that covers part of the tendon near the lower clamping site. It was reported that 

the strain in the upper and lower clamping sites were commonly larger than the overall strain in the 
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tendon [61]. Therefore, the results might reflect the native mechanical property of the tendon. Overall, 

the ex-vitro tensile test demonstrated that the sensor system could accurately record the strains in the 

tendon during cyclic loadings, indicating great potentials of the sensor system to quantify strains in 

MSTs in vivo. 

 

Figure 3. Ex-vivo validation and measurements of LCR sensor. a) Left: changes of sensor resonant frequency and Q-factor in 

a simulated in-vivo condition; right: change of sensor signal in the first 5 hours. b) Linear increasing of the sensor resonant 

frequency with temperature increasing from 23 to 45 degree. c) Ex-vivo strain measurement of sheep plantaris tendon. d) 

repetitive change of sensor resonant frequency during 51 cycles of loadings. e) tendon strains assessed by the sensor compared 

to the results of tensile testing machine.  

4.2.4. In-vivo sensor implantation in sheep and dynamic measurement of medial 

gastrocnemius tendon biomechanics  

A first proof-of-concept in-vivo tendon strain measurements during dynamic movements was conducted 

by implanting a calibrated strain sensor on the medial gastrocnemius tendon of a sheep. In addition, a 

custom-made “E”-shaped buckle-type force transducer [62] was implanted on the same tendon to 

measure the muscle forces of the medial gastrocnemius impacted onto the tendon. Two hours following 

implantation, the sheep was weight bearing on the instrumented leg, and no significant signs of limping 

was observed during the following days. Three days after the surgery, the sheep was guided to perform 

a trotting test on the treadmill, during which continuous strain and force measurements were completed 

(Fig. 4). A maximum strain of 3.8 % was observed during the stance phase of the trotting cycle at 1.34 

m/s. Although no previous study has measured in-vivo strains in the medial gastrocnemius tendon of 

sheep during walking, maximum tendon strains were estimated to be 2.6 % in lateral digital extensor 

tendon of sheep when trotting [63]; 1.8 % in deep digital flexor tendon of horse hindlimb when trotting 

at 1.8-4.8 m/s [64], 8.49 % in superficial digital flexor tendon and 5.39 % in deep digital flexor tendon 

of horse forelimb when trotting at 3.9 m/s [65], and 4.15 % in superficial digital flexor tendon and 1.7% 
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in deep digital flexor tendon of horse forelimb when trotting [66]. Thus, the strain values measured in 

this study are well within the range observed in previous studies. 

The ability of our sensor system to perform in-vivo measurements of MST strains shows great 

potential to address important biomechanical questions. First, the sensor system provides in-vivo strain 

results, which can be used to validate the results of modelling simulations and optimize the 

musculoskeletal models. Indirect strain measurement using image-based methods result in largely varied 

strains in MSTs. Thus, measurement using our sensor system can be a gold-standard to verify the 

accuracy of the indirect measurement methods. Finally, the sensor allows researchers to monitor strains 

in the MSTs during dynamic movements, which can provide informative results regarding the 

functionalities and pathological mechanisms of MSTs. 



 

94 

 

 

Figure 4. In-vivo sensor implantation and strain measurement. a) implantation site and devices. b) Experiment schedule. c) 

The force and strain of sheep Achilles’ tendon during trotting.  

Several limitations of the sensor system need to be addressed to improve its applicability for in-

vivo research and clinical applications. First, the overall size of the sensor, especially the inductive coil, 

should be further miniaturized. Although the current design did not affect sheep movement, a smaller 

sensor will facilitate tissue healing and avoid serious impingements with surrounding tissues in the body. 

In addition, the LCR sensor was out of function after being extracted from the sheep body due to the 

wires cutting through the PDMS coating. Therefore, further sensors need to be more hermetically sealed 

by PDMS during fabrication, in order to remain functional in the living body for a much longer period.  
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4.3. Conclusions 

We developed and demonstrated a novel strain sensor and a wireless readout system with the ability to 

measure in-vivo soft tissue strains. The readout system wirelessly excites the sensor and records its 

signal at a distance up to 10 cm, enabling passive strain sensing of the chipless sensor without the need 

of an internal power supply. The sensor has an outstanding resolution that allows it to measure down to 

9 μm axial strains in wireless strain sensing. In addition, the measurement reliability of the sensor is not 

affected after fatigue loadings are applied, suggesting that the sensor is reliable for long-term utilization. 

The sensor had outstanding applicability for strain sensing during ex-vivo tendon tensile tests. In-vivo 

sheep implantation and measurement were successful, suggesting that 1) the sensor can successfully 

measure tendon strain in living subjects; 2) Dynamic movement of the body does not affect the sensor 

integrity. Finally, the sensor was demonstrated to be biocompatible. Overall, the presented sensor and 

readout system could enable wireless strain measurement of tendons and ligaments in vivo. 
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4.4. Methods and Materials 

4.4.1. Stretchable capacitor fabrication  

The Au-TiO2 NW in the capacitor was synthesized using a method adapted from Tybrandt et al. [67]. 

Au-TiO2 NW tracks were patterned using a wax-assisted vacuum filtration method [33]. A wax printer 

(Xerox ColorQube 8570N, pure black, photo quality) was used to print wax patterns on hydrophilic 

polyvinylidene fluoride (PVDF) membranes (0.22 µm pore size, Millipore). 2ml Au-TiO2 NW solution 

was filtered through the PVDF membrane, and then was dried on a hotplate at 45 oC for 10 mins. 

Afterwards, the deposited Au-TiO2 NWs were rinsed in PBS. The surface coverage of the Au-TiO2 NW 

pattern was 0.624 mg/cm2. Then, PDMS (Sylgard 184, curing agent/ base weight ratio of 0.15/1) was 

spin-coated on a salinized wafer at 600 rpm for 30 s and dried on a hotplate at 75 °C for 7 mins. The 

PVDF membrane was placed on the PDMS with full contact. The wafer was then placed on a hotplate 

at 75 °C for 11 mins with a weight of 750g on top. Next, the PVDF membrane was peeled off, depositing 

the Au-TiO2 NW on the PDMS. A 25 µm polyethylene naphthalate foil (Teonex Q51) was used to mask 

the contacts in the following steps of spin-coating. A diluted solution of Dragon Skin (DS) silicone 

rubber (Dragon Skin 10 SLOW, part A/part B weight ratio of 1/1) in heptane (DS/heptane weight ratio 

of 1/2) was spin-coated (6000 rpm, 30 s) on the Au-TiO2 NW and cured on a hotplate at 75 °C for 60 

mins. Afterwards, a second layer of diluted DS-heptane solution (DS/heptane weight ratio of 2/1) was 

spin-coated (6000 rpm, 30 s), and a second layer of Au-TiO2 NW was transferred on top and then cured 

on a hotplate at 75 °C for 60 mins. Finally, PDMS was spin-coated (600 rpm, 30 s) to insulate the Au-

TiO2 NW, and the sample was cured on the hotplate at 75 °C overnight. 

4.4.2. LCR sensor fabrication and readout system development  

The coil inductor was fabricated by looping a wire (litz wire 7 × 0.04mm, Cu/Ag50, TW-0, Elektrisola) 

around a polymethyl methacrylate (PMMA) ring of 33mm in diameter. Then the inductor was bonded 

to the contact pads of the stretchable capacitor with PDMS-Ag composite (Ag powder: Sigma-Aldrich, 

length = 2-3.5 μm; Ag/PDMS volume ratio of 0.3/1 [68]). Due to the design of the readout box, the LCR 

sensor was fabricated towards a target RF of 14MHz for optimal wireless signal quality. In order to 

determine the number of turns in the coil, the inductance (L) of the coil inductor was calculated based 

on the target RF (f) and capacitance (C) of the capacitor according to: 

𝑓 =
1

2𝜋√𝐿𝐶
 

The number of turns (N) was thus calculated according to: 

𝐿 =
𝜇𝑟𝜇0𝑁

2𝜋𝑟2

𝑙
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Where µr is the relative permeability of the core (2.69 for PDMS); µ0 is the permeability of free 

space (4 π × 10-7 (H/m)); r is the coil radius; and l is the coil length. 

Two PMMA pads (pad A: 12×13×2 mm; pad B: 12×8×2 mm) with four holes in the corners 

were fabricated using a laser cutter (Trotec Laser, Speedy 300) and bonded to each end of the capacitor 

with epoxy (UHU Plus Schnellfest Epoxikleber). A PMMA mold was fabricated using the laser cutter 

for casting the sensor exterior in PDMS. The coil inductor and connecting wires were placed in the mold, 

then the PDMS was poured and cured in an oven at 80 oC for 3 hours. Finally, a PMMA pad was 

fabricated using the laser cutter and bonded to the coil inductor with PDMS. 

The wireless readout system was composed of a Class-E amplifier and a printed circuit board 

(PCB) antenna. For measurement, the readout system first charges the strain sensor for 20µs with a 

signal (stimulation frequency of 13.56 MHz; power of 22dBM) generated by the Class-E amplifier 

through the antenna. Then, the antenna was switched from transmit to receive function and during the 

next 10 µs the electronic field of the LCR sensor was sampled. It then took the system 970 µs to filter, 

amplify, and transform the signal from analog to digital. Therefore, one wireless measurement of the 

sensor RF requires 1 ms, resulting in 1024 Hz of sampling frequency.  

4.4.3. Characterization of Stretchable Capacitor  

The electromechanical properties of the stretchable capacitor were evaluated using a tensile testing 

machine (DO-FB0.5TS, Zwich/ Roell) and a LCR meter (Hioki, IM3536) as follows: 

1) Capacitor signal under stretching: A stretchable capacitor was mounted on the tensile 

testing machine, and its original length (L0) was determined by measuring the stretchable 

region after applying a minimal stretching force of 0.05 N. The L0 was used to calculate the 

strain and strain rate (50 %/s for all tests) during subsequent tensile testing. The capacitor 

was positioned at 5 % pre-strain in a custom-designed tank and presoaked in PBS for 12 

hours, and then was pre-conditioned from 5 to 20 % strains for 50 cycles. To test its 

sensitivity, the capacitor was stretched from 5 to 20 % with 0.5 % strain steps, with 30 s 

pause at each strain step. To test its resolution, the capacitor was stretched ±0.1 % strains 

for 10 cycles at incrementing pre-strain levels from 5 to 20 % in 1 % strain steps. 

2) The effect of fatigue on capacitor signal: After characterizing its sensitivity and resolution, 

100’000 cycles of 5 to 20 % strains were applied to the capacitor, and then sensitivity and 

resolution tests were repeated. 

3) Effect of pressure on sensor signal: A LCR sensor was placed in a petri dish filled with PBS 

12 hours before the test. A compressive force (0-10 N, 0.5 N/s) was applied on the 

stretchable capacitor with a custom-designed plastic plunger mounted on the top clamp of 

the tensile testing machine to mimic neighbouring tissue impingement. The test was 

performed while the sensor was fixed at three different pre-strain levels: 0 %, 5 %, and 10 %.  
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4.4.4. Characterization of wireless LCR sensor 

The wireless sensing capacity of LCR sensor was characterized based on the following experiments:  

1) Sensor electronical properties under stretching: A LCR sensor was mounted on a custom-

designed manual tensile testing device and stretched from 0 to 25 % strains. A miniVNA 

Tiny network analyzer (mRS RADIO SOLUTIONS) was used to quantify the electronical 

properties of the LCR sensor. The miniVNA coil was placed 1cm over the sensor's coil and 

a frequency sweep was carried out from 10 to 20 MHz. The RF of the sensor was measured 

as well as F_high (frequency where the absolute value of Rs is equal to Zs) and F_low 

(frequency where the absolute value of Rs is equal to the opposite of Zs). The Q factor of 

the LCR sensor was calculated as Q = RF/(F_high – F_low). 

2) Stability of sensor signal in a simulated in-vivo environment: A LCR sensor was submerged 

in PBS at 37 °C in a custom-designed incubator and held at a fixed length for 7 days. Before 

submerging, the RF and Q factor of the sensor were measured as the baseline measurements. 

The sensor was then submerged in PBS and measured another 4 times on the first day, and 

then measured once per day. To test the effect of temperature across a range of in-vivo 

possibilities, a LCR sensor was submerged in PBS at room temperature for 12 hours prior 

to the experiment. Then, the PBS was heated from 22 to 45 °C on a hotplate over 30 minutes, 

using an electronic probe thermometer (DOSTMANN electronic) to track the temperature. 

Meanwhile, the RF of the sensor was continuously recorded. 

3) Sensor sensitivity and resolution: A LCR sensor was mounted on the tensile testing machine. 

After 50 cycles of preconditioning from 0 to 20 % strains, the sensitivity (0-25 % strains, 

1 % per step, 30 s pause) and resolution (levels: ±0.1 %, ±0.2 %, and ±0.5 %, pre-strains: 

5 %, 10 %, and 15%, number of cycles: 10) tests were applied in two different conditions: 

1) in air; 2) in PBS. The RF of the sensor was measured using the custom-designed readout 

system throughout the experiment. 

4.4.5. Ex-vivo sensor measurements of ligament and tendon strains 

A fresh frozen sheep plantaris tendon was mounted on a tensile testing machine (858 Mini Bionix II, 

MTS, Eden Prairie, MN, USA) by wrapping the ends of the tendon around cylindric metal abrasive 

clamps (Figure 3c). The tendon was preloaded to 6.3 N (0.272 MPa × 37.69 mm2 (cross-sectional area 

= mass (4,17 g) / (density (1120 kg/m3 [69]) × lengthtendon (58.74 × 10-2 m))) which was used as the 

reference position of zero strain. A LCR sensor was sutured with a visible capacitor pre-strain onto the 

tendon while the tendon itself was in a slack position (i.e., -2 mm strain). After 20-minutes rest, the 

tendon was pre-conditioned with 0 to 1 % strains at 0.05 %/s for 101 cycles, and with 0 to 2% strains at 

2%/s for 51 cycles followed by the formal test (51 cycles of 0 to 4 % strains at 4 %/s). Each cyclic 

loading condition was followed by 5 minutes of rest in the slack position. During testing, the tendon 
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was kept hydrated by spraying a solution of 0.9% sodium chloride in water every 2 minutes. The RF of 

the LCR sensor was calibrated to the strain values produced with sonomicrometry crystals aligned with 

the LCR sensor using a linear regression (y = 28.33x -0.33; with y = strain in % and x = RF of the LCR 

sensor). 

4.4.6. In-vivo sensor implantation and measurement 

A LCR sensor was calibrated using the same method as the sensor sensitivity measurement described 

above. The sensor was then gas sterilized using Ethylene oxide. Prior to implantation, a sheep (Île-de-

France, 37.8 kg) was trained to walk and trot on a treadmill at different speeds and inclination angles. 

The sheep was motivated with pellets provided in between trotting periods. Food was removed 12 h 

prior to surgery. On the day of surgery, the sheep was sedated with Dexdomitor (0.5mg/ml at 0.05mg/kg) 

and Alfaxan (10mg/ml at 2 mg/kg), followed by intubation and preparation of the hind limb (shaving 

and cleaning) while maintaining an appropriate level of anesthesia which could be as low as 0.5 % 

isoflurane maintenance or between 2-2.5 % isoflurane as needed. Breathing and heart rate were 

monitored throughout the procedures and lubricum was applied on the eyes. Sensor implantation was 

performed in a standard sterile veterinary surgical environment. A skin incision was made on the left 

hind limb of the sheep to expose the gastrocnemius-tendon region. The tendon of the medial 

gastrocnemius was isolated, and the stretchable capacitor of the LCR sensor was sutured on the tendon 

with a visible pre-strain. The coil antenna of the LCR sensor was sutured on subcutaneous tissues. A 

custom-designed stainless-steel buckle transducer [70] was surgically implanted onto the same tendon 

distally from the stretchable capacitor to measure the muscle force on the tendon. Following routing of 

the wires of the buckle transducer underneath and across the skin and soldering the wires to a backpack 

connecter, the skin incision was closed. A subcutaneous injection of Buprenorphine (0.02 mg/kg) and 

Metacam (0.05 mg/kg) was administered (as well as every 12 h thereafter) to reduce post-surgery 

symptoms.  The sheep was willingly walking in her pen 2h following completion of the surgery. Overall, 

the sheep was given 68 h to recover until there were no signs of limping and the sheep was fully weight 

bearing while walking in her pen before obtaining experimental data. Following recovery, the sheep was 

willingly trotting on the treadmill at 3 mph without major signs of limping, during which tendon strain 

and muscle force data (999.878 Hz) were recorded. Furthermore, video recordings at 208.25 Hz of a 

highspeed camera (Pike F032B, Allied Vision, Stadtroda, Germany) were used to determine the swing 

and stance phases of the gait cycles. Data of all sensors was synchronized with the use of a light pulse 

visible in the video and a change in voltage output sent simultaneously to the strain sensor system and 

buckle transducer system.  
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Chapter 5: Stretchable Sensor Fabrication Protocol 

 

The fabrication protocol consists of six main steps: 

• Dispersion of TiO2 nanowires 

• Synthesis of Au-TiO2 nanowires 

• Membrane preparation and nanowire filtration 

• Fabrication of stretchable capacitor 

• Fabrication of LCR circuit 

• Fabrication of suture pads and PDMS casting  



 

107 

 

5.1. Dispersion of TiO2 nanowire 

 

5.1.1 Materials and facilities 

Materials Details 

Chemicals • TiO2 nanowires (TiO2 nanowire-A, length ≈10 µm, ACSMaterial) 

• Polyethylene glycol (PEG, average M~2000, Sigma-Aldrich) 

• Deionized water (diH2O) 

Polyvinylidene fluoride 

(PVDF) membrane  

 

47mm, 0.22 µm pore size, Millipore 

 

Scale (Mettler Toledo) 

 

Vortex mixer 
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5.1.2. Procedures 

1. 0.0889 mL of PEG is diluted in 10 mL of diH2O to make 1% PEG-H2O solution 

2. 1g of TiO2 nanowire wetcake is added into the PEG-H2O solution and vortexed for 5 mins 

3. After 1 min of settlement, take off the top 5-10 mL of supernatant to get rid of chunks 

4. Fill up the solution to 40 mL with diH2O 

5. Weigh one PVDF membrane 

6. Filter 10 mL TiO2 nanowire on the membrane and weigh it again to calculate the nanowire 

concentration in the solution. This is for parameter calculation for the nanowire synthesis 

 

5.1.3. Tips 

1. It is suggested to visually check the nanowire dispersion at the end of step 4. A well dispersed 

nanowire solution should look like “flowing cloud” without obvious nanowire aggregates. If 

not, the solution should be vortexed again  
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5.2. Synthesis of Au-TiO2 nanowire 

 

5.2.1. Materials and facilities 

Materials Details 

Chemicals • TiO2 nanowire solution 

• Polyvinylpyrrolidon (PVP, average Mw ~55’000, Sigma-Aldrich) 

• Hydroxylamine (HxO, ACS reagent, 98.0%, Sigma-Aldrich) 

• Gold(III) chloride solution (30 wt % in dilute HCI, Sigma-

Aldrich) 

• Hydrochloric acid (HCl, Sigma-Aldrich) 

• diH2O 

Centrifuge tube (Falcon) 

 

 

 Strainers (40 μm of pore size) 

 

 

Syringes (20 mL, 20mm in 

diameter) 

 
 

Pipette (tips) 
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Pumping machine 

 

Supersonic machine 

 

 

5.2.2. Procedures 

1. Prepare PVP solution (0.33 gr/mL). When dissolving PVP, vortex it for 30 s and then dissolve 

it with supersonic machine (set temperature at 0 oC) for 30 s, repeat these two steps until the 

PVP is fully dissolved 

2. Sieve 1 mL of TiO2 nanowire solution through a strainer in a centrifuge tube, and then quickly 

add 35 mL of diH20. Try to use a pipette to “wash” the strainer during adding diH2O 

3. Pour the TiO2 nanowire solution into a beaker with a magnetic stirrer. Leave the beaker on the 

hotplate (with stirring function) and make sure the stirrer stirring on the middle bottom of the 

beaker 

4. Add 128 μl of HxO and 4 mL of PVP into the TiO2 nanowire solution 

5. Mix the other 40 mL of diH2O with 128 μl of Gold(III) chloride solution 

6. Fill the Gold(III) chloride solution in 2 syringes. Connect the syringe with a pipeline and the 

pipette tip tightly. Then get rid of the gas bubble in them. Put the pipette tip in the TiO2 solution 

and fix the setup  

7. Set up pumping machine: direction: pumping; volume: 20 mL; diameter: 20 mm; speed: 2.8 

mL/min.  

8. Inject the Gold(III) chloride solution at 2.8 mL/min until 4mL. Then switch to 1.4 mL/min until 

complete both syringes. 

9. Increase the temperature of the hotplate to 80 oC and add 2 mL of HCl.  Stir the solution for 45 

mins 
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10. Sieve the final solution again with a strainer 

 

5.2.3. Tips 

1. Always use fresh PVP solution (less than one week). Otherwise, the quality of Au-TiO2 

nanowire solution may be dramatically affected 

2. In step 6, leave the pipette tip at the middle layer of the TiO2 solution but not close to the surface. 

Otherwise, it may create gas bubbles in the bottom solution during pumping, which affects the 

quality of Au-TiO2 nanowire solution 

3. Fully eliminate gas in the syringe, pipeline, and pipette tip before pumping  

4. If bubbles are generated, use a pipette tip to break them before moving forward 

5. Quality of Au-TiO2 nanowire should be checked using a microscope (i.e., scanning electron 

microscope). Good quality means that TiO2 nanowires are fully covered with Au particles 
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5.3. Membrane preparation and nanowire filtration 

 

5.3.1. Materials and facilities 

Materials Details 

Chemicals Au-TiO2 nanowire solution 

Phosphate-buffered saline (PBS, PH~7.4 (1×), Gibco) 

PVDF membrane 

 

 

Filtration device 

 

Adobe illustrator / 

Wax printer 
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5.3.2. Procedures 

Wax printing  

1. Design the capacitor patterns using the Adobe Illustrator app. The colour should be set “pure 

black”. Save the picture as a PDF file 

2. Print the picture on a A4 paper  

3. Superimpose another A4 paper on top of the printed file. People should be able to see the 

outlines of the black circles under the top paper sheet. Align the membranes with the outlines 

underneath. Tape the membrane on the paper.  

4. Put back the paper into the tray of the printer. Print the picture on the membranes (Print Quality 

~ “Photo”) 

Nanowire filtration  

1. Before filtration, remove the dust on the membrane using a nitrogen gun 

2. Vortex the Au-TiO2 nanowire solution for 1 min. Filter 2 mL of Au-TiO2 nanowire solution 

through the membrane (presoaked by diH2O). The nanowires are then deposited on the 

membrane. The membrane is then dried on a hotplate at 45 °C for 5 min 

3. Wash the deposited nanowires with 2 mL of PBS 

4. Check the serial resistance of the nanowire track, which should be less than 2 Ohm. All 

membranes should be sealed in the petri dishes before leaving the nanowire hood  

 

5.3.3. Tips 

1. Wear gloves while performing wax printing 

2. Better to vortex the Au-TiO2 nanowire solution every time before filtration 
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5.4. Fabrication of stretchable capacitor 

 

5.4.1. Materials and facilities 

Materials Details 

Chemicals • Polydimethylsiloxane (PDMS, Sylgard 184) 

• Anhydrous heptane (AH, 99%, Sigma-aldrich) 

• Silicone rubber (Dragon Skin (DS), slow cure 10, Smooth-On) 

• Silver powder (Ag, length = 2-3.5 μm, Sigma-Aldrich) 

• Universal mold release (Smooth-On) 

Spin-coating machine 

 

Hotplate 

 

Conditioning mixer 
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Cream container 

 

Glass wafer 

 

 

 

 
 

PEN foil  25 µm, Teonex Q51 

 

5.4.2. Procedures 

PDMS preparation 

1. Pour curing agent in PDMS solution with a mass ratio of 1:10 in a cream container 

2. Mix the obtained solution in the conditioning mixer (mixing: 3 min, 2000 rpm; deforming: 1 

min, 2200 rpm) 

3. Degas the PDMS solution using a vacuum chamber for 8 mins  

DS-heptane solution preparation 

1. Synthesize DS solution by mixing part A and B together with a mass ratio of 1:1. Mix the 

obtained solution in the conditioning mixer (mixing: 1 min, 2000 rpm; deforming: 30 s, 2200 

rpm).  

2. Use the anhydrous heptane to dilute the DS solution into two separate solutions. Solution 1# has 

a mass ratio of DS:AH~1:2, and solution 2# is 2:1. Shake them firmly right after mixing until 

the texture is homogenous, and thus the DS is fully dissolved into both solutions.  

3. Degas the solutions using the vacuum chamber for 30 s. Store the solutions in the freezer at -

20 °C 

Ag-PDMS composite synthesis 

1. Mix PDMS and Ag powder with a VOLUME ratio of Ag:PDMS~0.3:1. The densities of Ag 

and PDMS are 10.49 and 0.965 gr/cm3, respectively 

2. Mix the composite in the conditioning mixer (mixing: 3 min, 2000 rpm; deforming: 1 min, 

2200 rpm). Store the composite in the freezer at -20 °C 

Stretchable capacitor transfer 

1. Spin-coat universal mold release on a wafer at 600 rpm for 30 s 
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2. Spin-coat PDMS on the wafer at 600 rpm for 30 s, then cure the PDMS on a hotplate at 75 °C 

for 7 mins.  

3. Transfer the Au-TiO2 nanowire from the PVDF membrane onto the PDMS by gently placing 

the membrane in contact with it. Cure the PDMS on a hotplate at 75 °C for 12 mins with a 

weight (750 g) on top  

4. Peel the membrane, and the Au-TiO2 nanowires are left on the PDMS  

5. In all subsequent steps, PEN foil is used to mask the contact pads and is removed each time 

after spin-coating. DS solution (Solution 1#) is spin-coated (8000 rpm, 30 s) to cover the first 

Au-TiO2 nanowire layer and is cured on the hotplate at 75 °C for at least 60 mins.  

6. Repeat step 5 by spin-coating the 2nd layer of DS solution (Solution 2#) at 8000 rpm for 30s and 

cure it for at least 60 mins 

7. Spin-coat the 3rd layer of DS solution (Solution 2#) at 6000 rpm for 30s. Transfer the second 

Au-TiO2 nanowire layer, and then cure the DS on the hotplate at 75 °C for 6 mins. Peel the 

membrane and the Au-TiO2 nanowires are left on the DS 

8. Spin-coat PDMS (600 rpm, 30 s) on the wafer to seal the nanowire 

9. Cover the nanowire contact pads with Ag composite, and cure the Ag composite at 75 °C for 2 

hours 

 

5.4.3. Tips 

1. Because heptane evaporates fast, the degassing time should be limited to 30 s 

2. Leave the DS solution at room temperature for 5 mins before using it 

3. The DS solutions gradually cure even in low temperature in the freezer. Therefore, only use DS 

solutions made in the past 24 hours 

4. While preparing the Ag-PDMS composite, break down aggregates of Ag powder before adding 

the PDMS 

5. Ag-PDMS composite gets creamy with time going. It remains good quality 2-12 weeks after 

being made.   

6. Always stir the Ag-PDMS composite before using it 

7. While spin-coating PDMS, fix the wafer in the centre of the spin-coating machine 

8. While peeling the membrane, make sure that the PDMS does not detach from the wafer 
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5.5. Fabrication of LCR circuit 

 

5.5.1. Materials and facilities 

Materials Details 

Oven 

 

Laser cutter Speedy 300, Trotec 

 

LCR meter IM 3536, Hioki 

 

CorelDRAW  Version X7 
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5.5.2. Procedures 

Fabricate the inductive coil 

1. The 2D pictures are drawn using the CorelDRAW app. An example picture is attached at the 

end of the fabrication protocol 

2. Prepare PMMA rings (as the picture below) using the laser cutter. The rings are 5 mm in width, 

33 mm in outside diameter, 1 mm in thickness. 

 
3. Measure the capacitance of the stretchable capacitor using the LCR meter  

4. Check the number of turns in the coil that matches the capacitance of the stretchable capacitor. 

The empirical parameters can be found in the table below. According to the number of turns 

needed, a wire is prepared with a length (mm) = coil turns*33*π+300 

Capacitance of capacitor 

(pF) 

Number of turns 

19 9 

20 9 

22 8 

24 8 

26 8 

28 7 

31 7 

 

5. Wrap the wire around the ring. Then tape the wire on the ring for fixation 
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6. Braid the two free wires of the coil by twisting them. Tape the wire at the 8.5 cm mark so that 

it does not move. Make an underwriter knot using tweezers as below 

 
7. Secure the knot using Parafilm (3 × 20 mm) 

8. Burn the ends of both wires and leave about 3-5 mm of burnt wires. Check the resistance of the 

coil, which should be less than 5 Ohm 

Complete the LCR circuit 

1. Put Ag composite on the two contacts of the capacitor.  

2. Put the two burnt ends of the coil in the Ag composite. Cure the Ag composite for 2 h in the 

oven (80 oC) 

3. Check the resonant frequency of the LCR circuit using the custom-designed readout system 

 

5.5.3. Tips 

1. The number of turns in the coil influences the inductance of the coil inductor, and ultimately 

determines the resonant frequency of the LCR circuit 

2. While bonding the coil to the capacitor, make sure that the exposed cables are very well covered 

with Ag composite 
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5.6. Fabrication of suture pads and PDMS embedding 

 

5.6.1. Materials and facilities 

Materials Details 

Epoxy (UHU Plus Schnellfest Epoxikleber) 

Laser cutter Speedy 300, Trotec 

 

 

5.6.2. Procedures 

1. Fabricate the suture pads and PDMS molds (mold 1# and 2#, attached at the end of the fabrication 

protocol) using the laser cutter. 

 
2. Glue one suture pad to the bottom of the stretchable capacitor (the wire-bonding side) using the 

epoxy. Furthermore, Cover the wire-capacitor contacts with epoxy 
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3. Tape the mold 1# to a PMMA plate and seal the intervals with PDMS (cure in an oven at 80°C 

for 30 mins) 

4. Put the contact part of the sensor on the bottom square area of the mold. The fixation pad should 

face the bottom of the mold. Leave the capacitor tilted so that the PDMS does not leak onto it 

during curing 

 
5. Put the wires inside the “wave” area and put the coil in the top circle area of the mold. Inject 

PDMS in the mold with a syringe. Fully cure the PDMS in an oven at 80°C for 1 h. Gently 

remove the sample from the mold  

6. Repeat step 5 in the mold 2# 

7. Glue the other suturing pad to the far end of the stretchable capacitor with epoxy. Glue the coil 

suturing pad to the bottom of the antenna with PDMS (cure in an oven at 80°C for 30 mins) 

8. Cover the epoxy with PDMS 

 

5.6.3. Tips 

1. In step 5, only inject half of the PDMS first, and cure it in the oven. Then inject more PDMS 

to finish the embedding procedure 
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Chapter 6: Discussion & conclusions 
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Knowledge of in-vivo musculoskeletal soft tissue (MST) strain patterns during dynamic movements can 

reveal their functional and pathological mechanisms. For this purpose, both non-invasive [1-3] and 

invasive [4, 5] technologies have been developed and implemented for the in-vivo measurement of MST 

strain. However, critical limitations exist in current state-of-the-art technologies. Ultrasound imaging is 

limited by the depth that ultrasound waves can reach in the living body and the significant out-of-plane 

error [6] that leads to variation in the structures being investigated. Similarly, dynamic fluoroscopy is 

limited by the assumptions and simplifications of including modelled MST structures, as well as the 

small field of view of the fluoroscope. Implantable sensors, on the other hand, have recently enabled the 

direct measurement of ligament and tendon strains in vivo. However, the cable for signal transmission 

limits the measurement of dynamic movement and carries potential safety hazards. With the purpose to 

overcome the limitations of traditional strain sensors, this PhD project developed a novel wireless 

stretchable strain sensor based on stretchable electronics and radio frequency identification technologies. 

This new sensor was developed through optimizing a previous strain sensor prototype consisted of a 

stretchable capacitor bonded to a fragile coil. The new sensor was demonstrated to have excellent 

resolution and sufficient strain range, while also remaining electrically stable under environmental 

changes and fatigue loading. Finally, the in-vivo applicability of the sensor was demonstrated through 

implantation and measurement in a sheep model. 

6.1. The optimized fabrication protocol stabilized the quality of the strain 

sensor 

The fabrication protocol of the strain sensor was developed through building on the previous work of 

Dr. Flurin Stauffer (Chapter 3). The optimized protocol enabled the fabrication of robust strain sensors 

in order to fulfil the prerequisites of in-vivo implantation and dynamic measurement. In addition, through 

standardizing the procedures of nanowire transfer and wire coil fabrication, the optimized protocol 

ensured that all newly fabricated sensors could have a similar quality.  

An important change in the fabrication protocol was the utilization of polydimethylsiloxane 

(PDMS) as the stretchable elastomer. The primary reason for using PDMS was that PDMS is 

biocompatible and has been previously applied for casting implantable sensing devices [7, 8]. For the 

capacitor in this technology, replacing Dragon Skin (DS) rubber with PDMS slightly increased the 

stiffness of the capacitor, due to PDMS’ higher Young’s modulus. However, PDMS has a much lower 

Young’s modulus than muscles and tendons [9, 10] so that the stretchable capacitor still had a 

sufficiently high compliance to ensure minimal disruption to the natural elongations of MSTs. For the 

wire coil, PDMS was mainly applied to cast the coil in a protective shell. Such PDMS casting has two 

main functions: 1) to protect the coil from damage under compressive loads; 2) to mitigate the effect of 

ions in body fluid on the conductivity of the wire. 
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The inductive coil was originally fabricated by simply braiding wires without any clear structure, 

resulting in an unpredictable inductance of the coil. Such coils resulted in a large variation in the resonant 

frequency (RF) of the LCR sensor from the optimal value of 13.5 MHz (Appendix, section 3), which 

potentially also affects the sensing range of the sensor.  Therefore, the fabrication of the wire coil was 

optimized in the new protocol. A “single-layer” coil was fabricated by wrapping the wire tightly and 

orderly around a PMMA ring with a fixed diameter. The inductance of the coil could then be controlled 

by changing the number of coil cycles. Thus, depending on the capacitance of the capacitor and the 

target RF of the LCR sensor, the number of coil cycles that resulted in the target inductance could be 

calculated and implemented.  

The optimal nanowire synthesis and transfer protocols were extremely important to the quality 

of the stretchable capacitor and were determined based on multiple trials and measurements. For the 

nanowire synthesis, the parameters, especially the amount of gold particles used, were adjusted from the 

original recipe, in order to match the specific titanium dioxide (TiO2) nanowire concentration in each 

batch of “mother” solution. A suitable and controlled ratio of gold particles and TiO2 nanowires ensures 

the nanowires are well coated by the gold, resulting in a good conductivity of the final gold-coated 

titanium dioxide (Au-TiO2) nanowire solution. Here, it is recommended that a large batch of TiO2 

mother solution is prepared, before the optimal amount of gold particles needed for nanowire synthesis 

is determined. In this manner, the quality of newly synthesized Au-TiO2 nanowire solution can be 

stabilized for a relatively long period of time. In addition, once the new recipe is established, the amount 

of Au-TiO2 nanowire solution filtered through each membrane can be recalculated according to the new 

nanowire concentration in the solution. For nanowire transfer, the effort was mainly spent on 

determining the new spin-coating speed that determines the thickness of the PMDS layer. In addition, 

once new spin-coating speed is determined, the curing time of the PDMS layer should be adjusted to 

ensure that nanowires can be successfully transferred. 
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6.2. The function of the sensor fulfilled the prerequisites of MST strain 

measurement 

The stretchability and sampling frequency of our strain sensor system ensured the strain patterns in 

MSTs could be well measured during dynamic movements. Firstly, the maximum strain range of the 

LCR strain sensor was over 25%, which is much larger than the maximum strain levels that most MSTs 

can endure before structural failure (Chapter 1, table 1). Secondly, the measurement frequency of our 

sensor system was 1024 Hz, ensuring that strain patterns in MSTs could be captured sufficiently during 

dynamic movements. Finally, the different testing conditions, including phosphate-buffered saline (to 

simulate in-vivo conditions) and air, rarely affected the relative change of the sensor RF signal under 

stretching. Therefore, the calibration of the sensor RF against strain in the air condition can be used to 

interpret the data from subsequent in-vivo measurements.  

Au-TiO2 nanowires were used as the conductive material to fabricate the stretchable capacitor 

in this project. One reason was that such nanowires have been demonstrated to be biocompatible in a 

previous study [11]. More importantly, we found that LCR sensors made of Au-TiO2 nanowires had a 

Q-factor that was higher than silver nanowires, which have been widely used previously. A LCR sensor 

with a high Q-factor is commonly favoured because it ensures the sensor will have a lower energy loss 

with oscillating current, which improves the quality of sensor signalling and ensures the readout system 

is able to measure the sensor signals well above the minimum distance (2 cm) in in-vivo environments. 

The Q-factor of plate-type capacitors made of nanowire networks embedded in soft elastomers could 

decrease under stretching because the resistance of the nanowire network increases. Studies have 

reported that stretchable conductors made of silver nanowires likely had cracks in the nanowire networks 

at higher strain levels, resulting in significant increases in their resistance, hence affecting the Q-factor 

[12]. Previous work on the synthesis technology of the Au-TiO2 nanowire has shown that Au-TiO2 

nanowires had better conductivity than the silver nanowire counterparts [13]. Consistent with these 

previous findings, we also observed that Au-TiO2 nanowire networks embedded in PDMS had a lower 

increase in resistance under stretching compared to silver nanowire networks, especially when the 10-

nm Au-TiO2 nanowires were implemented (Appendix, section 2, Fig. 1). Thus, 10-nm Au-TiO2 

nanowires were considered superior in maintaining a high Q-factor for the sensor and were utilized for 

fabricating the strain sensors in this project.  

Recent studies have reported that the smallest strain that their sensors could detect was 0.3-0.4 % 

strain in ex-vivo measurements [5, 14]. Our sensors, however, had a better resolution which made it 

possible to measure strains down to 0.1 % (≈  9 μm) in wireless measurements. In addition, the 

stretchable capacitor of our sensor had excellent robustness to counteract fatigue loading. This 

characteristic was a considerable improvement over most previous studies, which tested their sensors 
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during up to 5’000 cycles of loading in dry environments [11, 15-20]. In our study, 100’000 cycles of 

fatigue loading were applied to the capacitor under simulated in-vivo conditions. The capacitance of the 

sensor at the starting 5% pre-strain increased by 0.9% after the fatigue test, which might be because of 

the slight slackening of the sensor due to the viscoelastic characteristic of the elastomer. More 

importantly, the sensitivity (gauge factor) and resolution of the sensor remained unchanged after the 

fatigue testing (Appendix, section 2, Fig. 2). As a result, it could be expected that stable characteristics 

of our strain sensor could be achieved under cyclic loading during dynamic body movements during in-

vivo investigations. 
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6.3. In-vitro/in-vivo sensor implantations and measurements 

Before any in-vivo implantation, the LCR strain sensor was firstly implanted on a cadaveric sheep 

plantaris tendon ex vivo and tested in a tensile testing machine (Fig. 3c). Here, the sensor was sutured 

onto the tendon as suggested by the veterinary surgeon. To avoid the sensor body from being damaged 

by sutures during cyclic stretching, “suturing pads” were designed and implemented on the strain sensor. 

Thus, the suture should be fixed onto the suturing pads of the sensor rather than the soft elastomer. Our 

measurement showed that with such a design, the strain sensor successfully recorded continuous 

repetitive strain variations in the tendon during cyclic loading. The strain values from the sensor (4.2 %) 

were slightly larger than the results from the tensile testing machine (4.0 %), which was due to the 

difference in the region measured. These results demonstrated the applicability of the sensor system in 

measuring MST axial strains, indicating some of the potential of the sensor system to quantify strains in 

MSTs in vivo. 

In collaboration with the Human Performance Lab (HPL) at the University of Calgary, a proof-

of-concept in-vivo sensor implantation and measurement were performed in this project. The calibrated 

strain sensor was implanted onto the medial gastrocnemius tendon of a sheep. Three days 

postoperatively, the tendon strain was measured using the strain sensor during trotting on a treadmill at 

1.34 m/s. While previous studies have tested other soft sensors in small mammals [5] or under 

passive/static movement conditions [21, 22], these measurements at HPL were probably the first 

implementation of stretchable strain sensors to measure in-vivo MST strain patterns of large mammals 

during dynamic movements. In this experiment, a maximum strain of 3.8 % was observed during the 

trotting cycles. This value is consistent with the strains measured previously in the tendons of sheep and 

horses during trotting, where strain ranges between 1.8-5.4 % were reported [23-26]. Overall, the in-

vivo experiment indicated that the strain sensor system holds great potential for being applied in the 

study of dynamic strain patterns in the MST of living bodies.  
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6.4. Limitations of the strain sensor system and outlook 

Despite the huge advancements made to the functionality of the stretchable sensor system for wireless 

measurement of MST strain, several challenges remain before clinical translation of the technology can 

be achieved. Although pilot measurements were indeed achieved using this system in vivo, a number of 

measurement failures were experienced in the course of this PhD. Here, the largest problems with the 

sensor seemed to be associated with the robustness of the sensor components. Mainly, the wires often 

disconnected from the PDMS shell, but the wires themselves were also seen to cut through the PDMS 

coating, hence changing the measurement characteristics of the system, or even rendering the system 

unable to measure any signals. As a result, further development is clearly required in order to improve 

robustness of the implantable components and their connectivity. As part of this development, the sensor 

fixation method should be further optimized to ensure secure sensor fixation on the MSTs. At the end 

of our in-vivo experiment, although the strain sensor remained functional after being extracted from the 

sheep body, it was found that one of the suture pads had already detached from the sensor. This failure 

could explain why no strain variation could be measured by the strain sensor after the first several 

trotting trials. Instead of using suturing pads, further studies could try to embed a suture into the body 

of the strain sensor with PDMS. Therefore, no suturing pad will be needed.  However, the robustness of 

the suture-sensor contact should be fully validated before further in-vivo implantations. 

In addition to the basic improvements, the overall size of the strain sensor, especially the 

thickness of the inductive coil (5 mm), could be fully optimized. Although there is no evidence showing 

that sheep movements were affected by the size of the strain sensor, the current system may be limited 

by the thickness of its inductive coil in the measurement of deeper MSTs. One possible idea to reduce 

the thickness of the inductive coil is to change its design from a single-layer coil to a multi-layer coil 

structure, but the method of braiding the wires should be developed and tested accordingly. Moreover, 

a more robust coating for the wires should be targeted, since the current PDMS protective coating proved 

to be fragile in in vivo environments.  

In our sensor, the capacitor and inductive coil are bonded by silver composite, which is a 

relatively inferior method of making LCR sensors compared to designs such as using a single conductive 

fibre. The coil-capacitor contacts may increase the series resistance of the LCR circuit, and thus result 

in a lower Q-factor of the LCR strain sensor. In addition, this contact is fragile under compressive 

loading. To protect the contacts, PDMS casting has to be applied, but this affects the thickness of the 

sensor. A possible solution is to develop and fabricate inductive coils made of nanowire tracks, but the 

series resistance of the LCR sensor will be much higher compared to the sensor with wire coil, and it 

may have a relatively lower Q factor and a smaller sensing range.  
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6.5. Conclusion  

This PhD project developed a wireless stretchable strain sensor for in-vivo MST strain measurements. 

A review of all technologies for in-vivo MST strain measurements was performed to analyse the features 

and limitations of these technologies, especially of the traditional strain sensors. Then, effort was spent 

on optimizing several stretchable electronics technologies to develop and fabricate a novel stretchable 

strain sensor, as well as collaboratively develop a wireless readout system. Finally, the stretchable strain 

sensor system was thoroughly validated for its performance in wireless strain sensing, and its in-vivo 

applicability was demonstrated through in-vivo implantation and measurements in a sheep model. 

The review of literature indicated that various sensors have been previously applied for in-vivo 

strain measurement in the human body. However, until now, such sensors have presented a rigid 

construction that could lead to sensor impingement with neighbouring musculoskeletal tissues. These 

sensors also had cables to transmit the signal to outside systems. Such wired designs limit their 

applicability for in-vivo dynamic measurements. Thus, current strain sensors should be revolutionized 

towards minimally disruptive, wireless data transmission, and long-term biocompatibility to withstand 

the demands of in-vivo MST strain measurements during dynamic activities. 

The experimental work involved in this thesis has optimized the fabrication protocol of 

stretchable strain sensors. The optimized protocol allowed successful sensor fabrication, as well as a 

sufficient sensor quality. The strain sensor developed in this project can be sutured onto the surface of 

most MSTs, allowing it to be stretched with musculoskeletal axial deformations. Using the readout 

system, the RF signal of the sensor could be measured wirelessly, which provides an indirect way to 

assess the MST strain patterns. The strain sensor presents good strain range and resolution, as well as 

remains electronically robust in the simulated in-vivo environment and under fatigue loading conditions. 

Ex-vivo tendon testing demonstrated the capacity of the sensor for the measurement of MST strains. 

The final in-vivo sensor implantation and measurement in the sheep model indicated that the sensor is 

able to measure the repetitive strain variations in living bodies.  

Further work is still required in the design of the strain sensor system in order to improve its 

physical robustness, optimise its size, and advance its fixation method. In addition, further testing in 

vivo is required for extended periods of time to fully demonstrate its functionality and biocompatibility. 

If such development is successfully achieved, the presented stretchable sensor system could become a 

functional tool for critical biomechanical applications, towards e.g., revealing the strain patterns of 

different MSTs under dynamic functional and/or pathological conditions, and hence providing key 

knowledge on the mechanisms of failure, repair, and rehabilitation. 
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1. Supplementary of chapter 3 

LCR Resonance Frequency 

In a real system (Figure 1b), damping in the system lowers the actual frequency. The underdamped 

resonance frequency results in 

𝑓𝑑 = 𝑓√1 − 𝜁2 (6) 

With a damping factor of 𝜁 =
𝑅

2
√𝐶 𝐿⁄ =

1

2𝑄
 and a quality factor of 𝑄 =

2𝜋𝑓𝐿

𝑅
=

1

𝑅
√𝐿 𝐶⁄ . Insight into the 

formula is given when rearranged to 

𝑓𝑑 = 𝑓√1 −
1

4𝑄2
 

(7) 

For sensors with a reasonable high Q factor, we can assume 𝑓𝑑 ≈ 𝑓 as in the case of our system even at 

50% strain of the capacitor. 

In addition, the resonance frequency 𝑓0  can be expressed in dependence of strain 𝜖  by combining 

Equation 1 and 2. 

𝑓 =
1

2𝜋√𝐿(1 + 𝜖)𝐶0
 

(8) 

Rearranging Equation 8 results in 

𝑓2 =
1

4𝜋2𝐿(1 + 𝜖)𝐶0
→ (1 + 𝜖) =

1

4𝜋2𝑓2𝐿𝐶0
 

With 𝑓0 =
1

2𝜋√𝐿𝐶0
 this leads to 

(1 + 𝜖) =
𝑓0
2

𝑓2
→ √1 + 𝜖 =

𝑓0
𝑓
→ 𝑓 =

𝑓0

√1 + 𝜖
 

The gauge factor can be defined as 

𝐺𝐹 =
Δ𝑓 𝑓0⁄

𝜖
=
𝑓0 − 𝑓

𝑓0𝜖
=

𝑓0 −
𝑓0

√1 + 𝜖
𝑓0𝜖

=

1 −
1

√1 + 𝜖
𝜖

 

(9) 
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Figure S1. Bright field images showing the fracture formation at 100% strain for Au-TiO2 NW-Dragonskin and AgNW-

Dragonskin tracks. 

 

Figure S2. Electrical resistance measured during cyclic strain of an Au-TiO2 NW-PDMS composite track with progressive 

increase in strain with 500 cycles each. 

 

Figure S3. Resonance frequency over strain according to 𝑓 = 𝑓0 √1 + 𝜖⁄  (red) and measured with an actual sensor (blue). 



 

 

Figure S4. Additional characterization of the highly stretchable wireless strain sensor. a) Influence of the surrounding media 

on the resonance frequency of the sensor. Immersion of the sensor in water leads to a shift towards a lower frequency. b) 

Sensor stability over time at 0% strain and 50% strain for a sample stretched with 1 mm s-1 (fast stretching) and 0.01 mm s-1 

(slow stretching). 

 

Figure S5. a) An LCR sensor made purely out of stretchable conductor with AgNW. b) The measured VSWR of this sensor over 

frequency in air and fully immersed in PBS (day 0-8). c) The measured resonance frequency in air and fully immersed in PBS 

during 8 day.
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2. Supplementary of chapter 4

 

Figure S1. Conductivity of track with 10 nm and 5 nm Au-TiO2 nanowires. a) Stretching test of nanowire track using a tensile 

testing machine. b) Resistance changes of 10 nm Au-TiO2 nanowire track under 30 cycles of loadings. c) Smaller resistance 

increases of 10 nm Au-TiO2 nanowire track compared to 5 nm Au-TiO2 nanowire tracks. 

 

 

Figure S2. Characterization of stretchable capacitor. a) Absolute (left) and relative (right) capacitance changes of the 

stretchable capacitor against strains before and after fatigue test. b) Left: Capacitance changes of the stretchable capacitor 
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in ± 0.1 % resolution measurements before and after fatigue test. Right: Signal to noise ratio in ± 0.1% resolution 

measurements before and after fatigue test. 

 

Figure S3. Capacitances (C) of the capacitor against pressures under different pre-strain levels. 
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3. LCR strain sensor reader 

Adapted from the user manual of the LCR sensor reader written by Roman Gubler. 

3.1. Measurement principle of the reader 

The decayed signal of the stimulated LCR strain sensor is captured by the antenna of the reader. The 

signal gets amplified and digitized with a sampling frequency of 36 MHz. Then the stimulus 356 samples 

are acquired with an acquisition time of about 9.89 us. The measure interval of 1ms is provided by a 

dedicated timing module. The acquired datasets can be logged to a SD card in real time. The datasets 

can also be transmitted over USB to a PC or via Bluetooth to an IOS device with a frequency of 10 Hz 

for monitoring purposes. The datasets can be displayed in either time or frequency domain on the IOS 

device. The frequency domain of the signal is calculated on the reader itself using a customized window 

and FFT method. Furthermore, a simple averaging filter is applied on the reader. The range in frequency 

domain view is reduced to the most important range of 10 to 17 MHz. 

3.2. Hardware  

3.2.1. Hardware Overview 

 

Figure 1. Hardware overview 

1  Power switch  

2  Master / Slave selector switch (takes effect only after reboot!)  

3  Micro USB port for charging and data link  

4  Micro SD slot  

5  SMC RF-Connector for the antenna  

6  Status LEDs  
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7  Protective Cap  

8  Device ID  

3.2.2. LED States 

The following table shows what the different LEDs and their colours indicate. 

LED  Colour  Meaning  

Battery Green  Charging  

Blinking (fast)  Battery Fault  

Blinking (slow)  Over or Under Temperature (charging interrupted)  

System Blinking  No Synchronisation to Master  

Green  Ready (Slave)  

Orange  Ready (Master)  

Blue  Measuring  

Magenta  Logging  

Red  System Fault  

Bluetooth Green  Ready  

Blue  Connected  

Red  Bluetooth Fault  

3.3. Synchronisation 

The reader (Fig. 1) can be configured as Slave or Master mode for synchronization purposes: 1) Master 

mode: to measure and log data. The reader sends a synchronisation packet over Bluetooth to nearby 

readers in slave mode; 2) Slave mode: to measure data. A reader in slave mode must be synchronized 

with a reader in master mode to log data. A measurement setup must include one reader in master mode 

and optional 0-13 readers in slave mode. When the “master” reader is turned on, an internal epoch 

counter starts counting with an interval of 1s. The epoch value is regularly broadcasted to the “slave” 

readers to synchronize the “slave” reader’s epoch counter. Once the logging is started, the epoch value 

is stored in the file name. It provides the measure on how many seconds the datasets in the files of the 

different readers differ in time. During operation the “slave” readers may lose the synchronisation with 

the “master” reader. If they do not receive a synchronisation packet from the “master” reader within 8 

seconds, the logging process will be stopped.  
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3.4. Bluetooth/IOS Device 

An IOS App is provided for controlling the readers and measurements. On the start page, the app lists 

all readers connected (Fig. 2, left). Each reader is displayed with an ID, a letter “M” or “S” indicating 

whether it is configured as master or slave, and a state. When a reader is selected, the connection will 

be established (Fig. 2, right). 

 

Figure 2. Start page (left) and connected page (right) of the IOS device. 

• Clicking on the “Start measuring” button, the system begins to measure (Fig. 3).  

• Double tapping on the screen, an auto scale function gets activated.  

• Multi-touch gesture, the plot is rescaled.  

• Press on the “Start logging” button, the data start to be logged to the SD-Card.  
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Figure 3. Measurement page of the IOS device. 
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4. Sync Box 

Adapted from the factsheet of the sync box written by Roman Gubler. 

4.1. Hardware overview 

 

Figure 1. Hardware overview (front) 

1  Power switch  

2  Master / Slave selector switch (takes effect only after reboot!)  

3  Micro USB port for charging and Epoche Data Output (ASCII Format, '\n' terminated)  

4  Micro SD slot  

5  Not Installed  

6  Status LEDs  

7  Protective Cap  

8  Device ID  

 

 

Figure 2. Hardware overview (back) 
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Socket  Type  Description  

GND  -  Signal Ground  

1PPS  OUT  Synchronisation Pulse:  

Present if the device receives a synchronisation packet over Bluetooth from a nearby master 

(usually 1 Puls-Per-Second but may dropout due to packet loss). Always present on master unit.  

CLK  OUT  
Sample Clock (1kHz):  

Always present after first synchronisation  

A-IN  IN  Analog Input:  

The signal applied to this port is sampled with 1kHz and stored on the SD card.  

Output Timing:

 

4.2. LED States 

The following table shows what the different LEDs and their indications. 

LED  Colour  Meaning  

Battery Green  Charging  

Blinking (fast)  Battery Fault  

Blinking (slow)  Over or Under Temperature (charging interrupted)  

System Blinking  No Synchronisation to Master  

Green  Ready (Slave)  

Orange  Ready (Master)  

Blue  Measuring  

Magenta  Logging  

Red  System Fault  
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Bluetooth Green  Ready  

Blue  Connected  

Red  Bluetooth Fault  

4.3. IOS APP 

In the scanning view in Fig. 3, the Sync Boxes are listed under the name LC-Sync-{ID}-{Master/Slave}. 

If the Sync Box is in "measuring" or "logging" mode, the signal on the analogue input (A-IN) is 

displayed. The signal can be logged on the SD-card using the "Start Logging" Button. 

 

Figure 3. Start page of the IOS device (left); 5 V, 50 Hz square waves in the measurement page of a sync box (right). 
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