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Abstract  

Fall accidents leads to an average of three deaths a day in Sweden. The high 
mortality and morbidity associated with falls among elderly is due to a high risk of 
falling caused by impaired mobility, sight and balance in combination with increased 
vulnerability as a result of fragile bones as well as comorbid conditions. Researchers 
at the department of Neuronics at KTH has developed a shock-absorbing floor that 
aim to reduce the risk of fall related fractures. The floors has shown promising 
results in mechanical drop tests but requires further analysis before it can be 
implemented in retirement homes.  

The goal of this master thesis is to refine, adapt and validate the finite element 
model THUMS 4.02 for fall simulations. The model will then be used to analyze the 
shock absorbing ability of various floor systems. Model adaptations included 
modification of the material properties of the adipose tissue and cartilage in the hips 
and implantation of tied internal contacts. Validation was performed against data 
from two experimental studies selected in a literature study, dynamic impact with 
isolated pelvis and lateral hip impact of complete PMHS.  

The experimental setups were reproduced in LS-Dyna and relatively close 
agreement for the force curves could be displayed in both cases. The model also 
showed realistic force response for fall simulations and a force reduction with up to 
23% in simulation to the KTH developed floor system, differences could be seen for 
different fall positions of the model. Fall simulations agreed well with clinically and 
scientifically documented fracture loads and patterns. Further studies needs to be 
performed to further validate the model and analyze effect of different geometrical 
properties of floor system. 



 
 

  



 

 

Sammanfattning  

Fallolyckor leder i genomsnitt till 3 dödsfall om dagen I Sverige. Många äldre är 
mycket utsatta då de har en hög risk för att falla orsakat av nedsatt mobilitet, syn 
och balans samt är skörare och har nedsatt läkförmåga. Forskare på avdelningen för 
neuronik på KTH har tagit fram ett stötdämpande golv som har visat goda resultat i 
mekaniska falltest men som behöver utredas vidare innan det kan implementeras på 
äldreboenden.  

Målet med detta examenarbete är att vidareutveckla, anpassa och validera den finita 
elements modellen THUMS 4.02 för fall simulationer. Modellen kommer sedan att 
användas för att anlysera den stötdämpande förmågan av olika golvsystem. 
Modelladaptioner infattade förändring av material egenskaper i fett och brosk i höft 
partiet samt implantering av knutna interna kontakter. Validering utfördes mot data 
från två experimentalla studier utvalada efter en litteraturstudie; dynamiskt islag 
mot isolerat bäcken och höftislag av komplett PMHS.  

De experimentella uppsättningarna reproducerades i LS-dyna och relativt god 
överstämmelse för kraft kurvor kunde visas i båda fallen. Modellen visade även 
realistiska krafter vid fallsimulationer mot golv och kraft minsking på upp till 23% 
vid simulering mot det KTH framtagna golvsystemet, simulerad fallposition 
påverkade resultaten. Fallsimulationer överstämde väl med kliniskt dokumenterade 
fraktur krafter och mönster. Vidare studier behöver genomföras för att ytterligare 
validera modellen samt anlysera effekten av olika genometriska egenskaper av 
golvsystement.  
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1  Introduction  

Fall injuries are the most common type of injury in Sweden, leading to more 

deaths, hospital admissions and emergency room visits than any other type of 

injury including car accidents [1]. Elderly individuals over 65 are vastly 

overrepresented, accounting for 8 out of 10 falls that lead to severe injuries [2]. Falls 

in this age group have a high association with mortality and morbidity and 3 elderly 

persons dies on average in Sweden every day due to falls [3]. Elderly people suffer a 

higher risk of falling due to decreased mobility, impaired vision and balance, and 

higher vulnerability due to osteoporosis, loss of reflexes, comorbid conditions and 

impaired healing capacity[2][3][4][5].  Hip fractures which is the most common 

fracture outcome, requires highly invasive surgery and weeks of immobilization 

which leads to a significant loss in quality of life for the individual and most elderly 

never regain prefracture strength[6]. The total societal cost due to falls reached 24 

billion (10^9) SEK in 2012 in Sweden [1]. The demographic development in Sweden 

as well as many other western countries predicts a significant increase in the 

number of elderly, especially fragile individuals, in the next 25 years [7]. This results 

in that the number of fall accidents is predicted to double within the coming decades 

[1]. Combined with a lower proportion of the population in working age will further 

stain the healthcare system [7].  Several different approaches need to be taken to 

combat fall injuries, including fall as well as injuries prevention strategies.  

A shock absorbing floor system has been developed at KTH’s department of 

Neuronics with the intent to be implemented in retirement homes. It consists of an 

intermedia layer of rubber pins that bend under impact, absorbing energy and 

decreasing rotational force, thereby limiting the risk of fractures. The advantage of a 

shock absorbing floor system compared to conventional hip protectors is that it 

provides protection independent of fall direction or impact point. Neither does it 

require correct application by the user. The floor has shown promising results in 

drop tests but further studies such as fall simulations need to be performed [8].   

The overall goal of this project is therefore to refine, adapt and validate the FE 

model THUMS so that it can be used to accurately simulate fall injuries. This will be 

achieved by transfer improvements done by previous master thesis students to a 

newer version of THUMS and validate the model against experimental data of lateral 

impact to the pelvic region. The improved model will then be used to simulate falls 

against a model of the floor system to evaluate its protective capacity.  
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2 Method  

An initial literature study, which can be found in the appendix, was performed to 

establish a base for the thesis and include information on anatomy, fall kinematics 

and FEM-Finite Element method.  

Modeling was performed on the FE-model: THUMS-Total Human Model for Safety. 

The academic Pedestrian model version 4.02 with fracture was used, see Appendix 

4.1 for more information on the model. LS-Dyna version 971 revision 5.1.1 with 

explicit dynamic solver was used for all simulations and LS-PrePost version 4.2 has 

been used for all pre/post processing.  

 

2.1 Improvements of THUMS  

Improvements implemented in THUMS v. 4.0 by previous master students Okan and 

Löwgren including addition of joint cartilage in the hip and subdivision of the soft 

tissue in the buttock was imported to version 4.02 [8][9]. This was done to allow 

future analyses to be performed in the newer, more detailed and stable model 4.02. 

All units in material, contact and control cards were converted to agree with the 

units in v 4.02. Four elements with negligible volume in the fat tissue were deleted 

to decrease computational time.   

 

2.1.1 Cartilage stabilization  

Several measures were taken to stabilize the hip joint cartilage to avoid errors due 

to negative volume in these elements. The cartilage is subjected to large applied 

forces and has soft material properties which can result in extreme distortions, 

causing the volume to be calculated as negative. The material model was changed to 

a foam material *MAT_LOW_DENSITY_FOAM with the same material properties as 

that of the knee meniscus cartilage in THUMS 4.02. This material has a nonlinear 

stress strain curve which more closely models cartilage behavior with increased 

stiffness in tension/compression. This increase in stiffness also contributed to a 

higher resistance against large deformations, and thus minimizes the risk of 

negative volume errors.   

The contact between the femur head cartilage and acetabulum cartilage was 

changed from *TIEBREAK contact to automatic surface to surface contact, a contact 

model that is more robust and numerically stable. Tied contact may more closely 

imitate the joint anatomy by restricting the separation between the two joint 

suffices. This restriction is in vivo is attributable to the negative joint pressure, 

synovial fluid and joint ligaments. The effects of implementing it were, however, 

small to negligible in lateral impact according to Löwgren, justifying the use of 

surface to surface contact [9].  
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2.1.2 Fat tissue  

The material properties of the fat tissue in the buttocks were changed since they 

were selected by Löwgren to predict realistic forces in a version of THUMS v 4.0 

which had a rigid pelvis girdle [9]. These material properties showed to be too soft 

when used in combination with a deformable pelvis in v 4.02. The fat tissue was 

chosen to still be modeled as a hyper-elastic Ogden models since it has been shown 

to work as a suitable model for fat at low to intermediate strain-rates according to a 

master thesis by Engelbrektsson that evaluated fat modeling in LS-Dyna [10].  

New material properties were selected based on a study from Al-Dirini et al. in 

which material parameters were extracted using genetic algorithm (GA) 

optimization of MRI data of fat in the buttocks area [11]. The following parameters 

for a Ogden model was presented: First shear modules = 1166.7 Pa  Alfa = 16.2 

Density = 920 kg m^3. Poisson ratio was set to 0.499 based on Engelbrektsson’s 

literature review that concluded near incompressibility of adipose tissue due to the 

high water content  [10]. See table 1 for detailed material card information.  

 

MAT 77 Ogden Rubber  

Card 1 

Variable  MID RO PR N NV G SIGF 

Value 89800209 920 kg/m^3 0.499 0 0.0 0 0 

 

Card 2 for N=0 

Variable MU1 MU2 MU3 MU4 MU5 MU6 MU7 MU8 

Value 1166.7 
Pa 

0.0 0.0 0.0 0.0 0.0 0.0 0.0 

 

Card 3 for N=0 

Variable Alpha 1 Alpha 2 Alpha 3 Alpha 4 Alpha 
5 

Alpha 6 Alpha 7 Alpha 8 

Value 16.2 0.0 0.0 0.0 0.0 0.0 0.0 0.0 

 

Table 1 Values for all material variables for fat tissue. See LS-Dyna Keyword user’s manual for more 
information on the material model [12]. 

 

Similar values for Ogden parameters were estimated by Comley and Fleck 

confirming that Al-Dirini’s values fell within the realistic range [13]. Comley and 

Fleck preformed uniaxial compression tests at a wide range of strain rates, from 

quasi-static to 5700 s^-1. The test was performed on fresh porcine tissue which has 

morphological, histology and mechanical behavior similar to human tissue.   
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2.1.3 Internal contacts  

Tied contact between the internal organs, pelvis skeletal structure and peritoneum 

(the membrane that lines the abdominal cavity) was implemented to minimize the 

unrealistic separation that arose within model, see Figure 1. A tied contact was set 

for all nodes within a distance of five times the shell thickness.  

 

 

 

 

 

 

 

Figure 1 The red circles mark separation between the pelvis girdle and soft tissue in the abdomen. a)  Before 
impact, b) 18 ms after impact. 

 

2.1.4 Additional changes  

Additional cortical bone was implemented around the trabecular bone developed by 

Okan in the acetabulum to fully encapsulate all trabecular bone of the pelvis [8].  

 

  

[a]                                                                    [b] 
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2.2 Validation of isolated pelvis  

The experimental setup from Guillemot’s study in which 12 isolated pelvises were 

impacted laterally though the acetabulum was reproduced in LS-Dyna to evaluate 

pelvis biofidelity, see Appendix 3.1 for more information on the experiment [14].  

The left iliac wing of the THUMS pelvis was constrained in all translational and 

rotational directions to mimic the boundary conditions of the experiment in which 

the wing was cast in a box containing a metal alloy.  The impact weight was modeled 

as rigid to reduce computation time. The sphere and silicone padding were modeled 

as elastic material, *001  MAT_ELASTIC . The only data regarding material 

properties of the silicon that was available from the article was its thickness of 11 

mm and the fact that the deflection was 82%. The elastic modules were modified to 

match this requirement. Young’s modulus was set to 45MPa, which falls within the 

limits of realistic rubber [15]. Poisson ratio was set to 0.25 to mimic a foam material. 

Young’s modules was set to 210 GPa for the steel sphere, and its density to 7990 

kg/m^3.  

  

Figure 2 Set up in LS- Dyna of Guillemots dynamic experiment. The small white crosses on the left iliac wing 
indicate nodes constrained from translational and rotational movement.  

  

4 m/s 
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2.3 Validation of lateral impact of whole body  

The experimental setup for lateral impact of complete Post Mortal Human Surrogate 

(PMHS) conducted by Viano was reproduced in LS-Dyna to evaluate force response 

of the complete model [16]. See Appendix 3.2 for more information of experiment. 

The experimental setup with mean impact speed of 4.8 m/s was selected since it 

was closest to that of literature documented impact speed in falls of close to 3 m/s 

[17][18]. The exact impact speed was selected to match that of runs on the PMHS in 

Vianos experiments with characteristics similar to those of THUMS, see table 2. The 

impact cylinder was modeled as a rigid body, constrained from rotation in all 

directions and impacted at the greater trochanter 90 degrees laterally.  

 

 Sex Age Weight 
[kg] 

Height 
[cm] 

Hip 
width 
[cm] 

Run in 
Viano 

Impact 
speed 
[m/s] 

PMHS 
#047 

Male  62 83.9 176.5 37 25, 26 5.3 

PMHS 
#986 

Male 29 70.3 173 33.5 21 5.1 

PMHS 
#U0M2   

Male 64 75.7 178.5 39.5 44 3.9 

THUMS 
4.02 

Male - 77 175 35.5 - - 

Table 2. Characteristics of THUMS and closets PMHS. 

No scaling of the THUMS model were performed. Run 21, 25 and 26 were studied in 

particular due to the larger dataset at similar impact speeds. Additionally PMHS 

#U0M2 was excluded by the writers of the original paper when the data was 

normalized and experimental corridor was created [19].  

All parts of the head were transformed from deformable to rigid to save simulation 

time while still contributing to realistic full body movement.   

 

2.4 Floor impact  

The floor system has been modeled in LS-Dyna by Dahlgren [20] and Okan [8] and 

further modified and validated by Svein Kleiven against drop experiments 

conducted by SP-Technical Research Institute of Sweden. The model consist of an 

upper layer of floor covering mimicking  a 2 mm thick linoleum mat, a middle layer 

of rubber pins connected by a rubber surface and a rigid bottom layer that is 

constraint  in all directions to mimic concrete.  Three different stiffnesses of pins 

were evaluated; ‘compliant’, ‘intermediate’ and ‘stiff’. Stress strain curves were 

obtained for the two higher stiffnesses from displacement tests conducted by Okan 

[8]. Values for the compliant stiffness were extrapolated from the data of the stiff 

material properties according to Gent’s formula [21]. See Figure 3 for stress strain 

curves for the implemented pin stiffness’s. Stress values are covered due to 

company confidentiality.  
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Figure 3 Stress strain curve for the implemented pin stiffness. 

Measured and extrapolated values for intermediate pin stiffness was compared to 

analyze the accuracy of Gent’s equation [21]. Figure 4 shows measured data for the 

stress strain curve for the intermediate stiffness (red) and values for the ‘stiff’ stress 

strain curve scaled according to Gents equation to represent intermediate stiffness 

(blue). A close fit can be seen for strains lower than one.  

 

Figure 4 Stress strain curves for measured data for intermediate stiffness and Stiff stiffness scaled to represent 
intermediate stiffness. 

Regions of the middle layer far from the hip were simplified to a solid elastic 

material to save computational time see region a in figure 5. The ‘regular floor’ 

against which the floor system of interest was compared was modeled as a 2 mm 

thick linoleum mat on top of a rigid constraint bottom layer. 

The complete THUMS model was set to an initial velocity of 3 m/s impacting the 

floor laterally see Figure 5. The impact speed was selected according to realistic fall 
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impact velocity concluded in literature study see Appendix [17][18]. The left arm is 

set to freely pass though the floor. 

 

Figure 5 Fall simulation. The complete THUMS model is set to an initial velocity of 3 m/s. The full system of pins 
was model in the area marked [a] close to hip impact while simplified elastic material was used for the two distal 
parts.  

 

The impact velocity against the regular floor was increased to determine fracture 

load and fracture behavior of the model.  

 

2.4.1 Fall positioning  

The floor was angled 20 degrees away from the model to more closely mimic 

realistic fall kinematics with knee contact prior to hip contact. No initial velocity was 

set for the shins and feet to prevent them from unrealistically wrapping around the 

end of the floor model. All remaining parts of THUMS were set to an initial velocity 

of 3 m/s orthogonal to the sagittal plane of the model.  The left arm is set to freely 

pass though the floor. 

  

Figure 6 Initial positioning of THUMS for fall simulation with an impact angle α of 20 degrees.   

3 m/s 

[a] 

3 m/s 

α 



10 │ METHOD 

 

The effect of velocity direction was determined by simulating fall impact identical to 

the previously mentioned with the impact velocity orthogonal to the floor, see 

Figure 7. 

 

 

 

Figure 7 Initial positioning of THUMS for fall simulation with an impact angle α of 20 degrees and impact velocity 
orthogonal to the floor.   

  

α 

3 m/s 
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3 Results 

Data from experimental studies by Viano and Guillemot was extracted to Matlab 

using WebPlotDigitizer [22]. All simulations of the improved THUMS model had less 

than 10 % hourglass energy and an energy ratio close to 1 which indicated that 

model was stable.  

 

3.1 Validation of isolated pelvis 

 

Figure 8 Force time response of THUMS and upper and lower limits in the experimental corridor from 
Guillemot[14]. 

Simulation of Guillemots experiment on the THUMS pelvis did not result in any 

fractures which would have been indicated by failure of elements in the skeletal 

structure. This outcome is consistent with 2 of 12 of the in the experiment impacted 

pelvises. Displacement of the pelvis reached a maximum of 5.75 mm in the FE-

simulation in comparison on to the experimental values of 5 and 10 mm for none 

fractured pelvises.
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 The upper limit of the experimental corridor represent the force time response for 

one pelvis that did not experience fracture and share many characteristics with 

THUMS. The experiments pelvis came from the youngest PMHS, a 62 years old male 

with a pelvis- mass of 1320 g and volume of 1060 cm^3 which can be compare to de 

models characteristics of: pelvis mass 1370 g and volume of 1240 cm^3. Maximum 

Von Mises stress were reached in the superior pubic ramus agreeing well with 

fracture locations noted in Guillemot’s study, see  

Figure 9[14]. 

 

 

Figure 9 Von Mises stress pattern under maximum impact in Guillemot experimental setup.  
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3.2 Lateral impact of whole body 

The following results were attained when the THUMS model was impacted 

according to Vianos experimental setup. Figure 10 shows force time response of the 

impact cylinder for both original THUMS 4.02 and the adapted model that include 

implementation of earlier master students as well as improved fat and cartilage 

properties and tied internal contact.   The THUMS model reached a force maximum 

of 7.92 kN 7 ms after initial contact, run 26 peaked at 7.32 kN after 9 ms, run 25 

peaked 6.94 kN after 10 ms. Larger differences between experimental data and force 

responses in the simulations could be seen when THUMS was impacted at 5.1 and 

3.9 m/s corresponding to experimental data from run 21 and 44 see  

Figure 11 and Figure 12. 

 

 

Figure 10 Force time response of THUMS and experimental data from Viano[16]. 
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Figure 11 Force time response of THUMS and experimental data from Viano[16]. THUMS refers to the in this 

study improved THUMS model.  

 

Figure 12 Force time response of THUMS and experimental data from Viano impact speed of 3.9 m/s [16]. 
THUMS refers to the in this study improved THUMS model. 

The THUMS model has a higher and earlier force peak then the experimental data 

for an impact speed of 3.9 m/s see Figure 12.  

Figure 13 shows the experimental corridor for force time responses when the data 

was normalized by Viano to represent a 50 th percentile male at the at an impact 

speed of 5.2 m/s [19].   

 

Figure 13 Upper and lower limits of the normalized force time response at an impact speed of 5.2 m/s.  THUMS 
refers to the in this study improved THUMS model. 
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3.2.1 Fat tissue  

Differences in fat compression when impacted according to Vianos experimental 

setup with an impact speed of 5.3 m/s, before and after changed material properties 

of the fat tissue can be seen in Figure 14. Unchanged model resulted in compression 

of fat from 18.25 mm to around 1 mm, strain of >94%. New model result in 

compression to 5 mm.  

Force attenuation in the soft tissue was in the improved THUMS model 23 % when 

impacted at 5.3 m/s according to Vianos setup. This is consistent with that 

measured in buttocks tissue by Robinovitch et al. whom concluded a 13% (SD=15%) 

force attenuation for impact of similar magnitude and impact area [23]. That THUMS 

is in higher part of the experimental corridor is  consistent with a higher stiffness 

and dampening in soft tissue among younger individuals, mean age in experiments 

by Robinovitch et al. was 77 years [24]. 

 

 

Figure 14 Frontal plane view of impact site, Muscle tissue is purple, fat is yellow.  a) Unimpacted b) 6 ms after 
impact, fat properties from Löwgren c) 6 ms after impact, new fat properties. 

Energy ratio for a simulation should not deviate with more then 1-2 % from the 

optimal value of one [25]. This was not meet by simulations of the model when fat 

from Löwgrens study was implemented in which energy ratio peaked at 1.43 [9]. A 

significantly lower value was achieved when new material parameters were 

implemented, energy ratio ranged from 1.0 to 1.012 for the completed simulations 

indicating a more stable model. Hourglass energy for the simulations was under 

10% of peak internal energy which also indicates a stable model.  
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3.2.2 Internal contacts  

 

Figure 15 Frontal plane view of impact after 18 ms.  a) Without tied contact for internal organs, b) With tied 
contact for internal organs. 

Less separation can be seen between the pelvis girdle and internal soft tissue in the 

abdomen after implementation of tied contacts, see Figure 15. 

 

3.3 Floor impact  

Table 3 present the extracted values for the floor impact simulations. Maximum 

force in the acetabulum reached 3.03 kN in simulation against regular floors and 

decreased with 23% for impact against KTH’s floor system with the lowest shore 

hardness. The force values can be compared to Dahlgren’s literature study that 

concluded a mean fracture load of 2499–4354 N for femurs among elderly 

individuals [20].  Maximum deflection of the floor occurred directly below of the 

greater trochanter for all floor stiffness, see Figure 16.  

 

 

Figure 16 Frontal plane view of buttocks impact of floor with intermediate pin stiffness.    
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 Regular 
floor 

Stiff pin 
stiffness 

Intermediate 
pin stiffness 

Compliant 
pin 
stiffness 

Maximum force in 
the Acetabulum 
[kN] 

3.03 2.82 2.51 2.35 

Time for force max 
[ms] 

13 13.5 14.5 15 

Max force / 
Max force regular 
floor   

1 0.93 0.83 0.77 

Maximum plastic 
strain cortical 

1.78*10^-3 1.55*10^-3 1.3 *10^-3 1.09*10^-3 

Maximum effective 
von Mises stress 
cortical [MPa] 

67.4 64.4 59.5 58.7 

Maximum plastic 
strain trabecular 

0.0 0.0 0.0 0.0 

Maximum effective 
von Mises stress 
trabecular [MPa] 

0.93 0.87 0.74 0.69 

 

Table 3 Extracted data for hip impact against 4 different floor models. Stress and strain is extracted for the 

cortical and trabecular bone of the proximal femur.  

 

 

 

Figure 17 Cross section view of the floor a)Before impact. At maximum defection for floor with pin stiffness of: 

b)Stiff c)Intermediate d)Compliant.  

  

[a] 

 

 

 

[b] 

 

[c] 

 
 

[d] 
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3.3.1 Fracture behavior  

 

 

Figure 18 Impact at 8 m/s against regular floor. Anterior view of the left femur 6.5 ms [a] and 6.9 ms [b] after 
impact. Posterior view of left femur 6.5 ms [c] and 6.9 ms [d] after impact. Blue elements represent cortical bone 
and the red trabecular bone.  

Implementation of additional cortical bone around the acetabulum resulted in that 

fractures occur in the femur instead of the trabecular bone in the acetabulum when 

impacted laterally at 8 m/s. Location of the fracture at the femur neck close to the 

greater trochanter see Figure 18  agrees well with the clinically documented 

fractures see Appendix 2.2.1 [26][6][27]. The fracture behavior with first point of 

failure in the superior part of the femur neck followed by a complete femur neck 

fracture are consistent with several high speed studied of femur failure 

[28][29][30]. Most studies of fracture location and behavior are based on data from 

elderly individuals, the fracture pattern among young individuals due to high energy 

impact do however often mimic that of elderly patients [31][32]. Coarseness of the 

mesh resulted in that no analysis could be done of exact fracture propagation. 

Force peak in the acetabulum before fracture were 8200 N which can be compare to 

experimentally measured fracture loads of  7200 N (SD= 1090) for young 

individuals (mean age 33) [32]. It should be noted that these experimental 

measurements are conducted with a 15 degrees internal rotation of the femur, 

which may decrees fracture load due to larger a moment arm in the femur neck, see 

Appendix 2.2.1 .  

  

[a]                             [b]                           [c]                               [d] 
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3.3.2 More realistic fall impacts  

Result from simulations with an impact angel of 20 degrees are presented in table 4.  

Forces were 7-8 % larger for with impact speed orthogonally to the floor verses 

orthogonally to the THUMS model. Differences’ in force reduction between the 

different floor models differed less than 2% between the two impact directions. Only 

result for impact orthogonally to the THUMS model will be presented.  

 

 Regular 
floor 

Stiff pin 
stiffness 

Intermediate 
pin stiffness 

Compliant 
pin stiffness 

Maximum force in the 
Acetabulum [kN] 

3.3 3.07 2.79 2.73 

Max force / 
Max force regular 
floor   

1 0.93 0.84 0.83 

Maximum plastic 
strain cortical 

1.8*10^-3 1.39*10^-3 1.07*10^-3 0.96*10^-3 

Maximum effective 
von Mises stress 
cortical [MPa] 

73.8 67.9 60.0 57.8 

Maximum plastic 
strain trabecular 

0.0 0.0 0.0 0.0 

Maximum effective 
von Mises stress 
trabecular [MPa] 

0.9 0.78 0.65 0.55 

Table 4 Extracted data for hip impact with 20 degrees impact angle against 4 different floor models. Stress and 

strain is extracted for the cortical and trabecular bone of the proximal femur.  

Maximum force in the acetabulum is greater than for simulation with a 0 degree 

impact angel. This can most likely be attributed to that the impact area is smaller 

and a larger portion of the bodyweight is centered over the impact area. The 

simulations show that the stiff and intermediate pins dampening effect, 7% and 16% 

is consistent for both 0 and 20 degrees impact angle. Little difference could be 

detected between impact force for intermediate and compliant pin stiffness 

indicating that the floor is bottoming out. Deviation in plastic strain and Von Mises 

stress could be noted between the intermediate and compliant stiffness indicating 

difference in protective properties.  
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4 Discussion  
 

The initial force peak and dip that is present in the THUMS simulation of Guillemot’s 

isolated pelvis impact that is not seen in the experimental data is most like a result 

of the sphere bouncing between the pelvis and impact weight. An initial gap is 

present between the ball and the cartilage in the model due to difficulties making 

the fit as snuggly as a real life scenario without creating penetrating volumes.  That 

give very high initial acceleration for the sphere that initially did not meets any 

resistant. The earlier force rise in the simulations compared to experimental data 

may indicate a too high stiffness in cartilage, ligaments or bones in the model. 

It should be noted that the experimental studies, the simulation setup with the 

THUMS model and optimal model that predicts realistic and accurate response for 

living individuals differ in several aspects. The average age of the pelvises in the 

experiments performed by Guillemot were 71.75 years (SD = 6.2)[14] and include 

both male and females while the THUMS is modeled after a CT scan of a 39 male. The 

model may therefore have a different skeletal structure. The material properties of 

bone is model to simulate a non-osteoporotic bone [33] and material properties for 

fat tissue have been taken from measurement of young subjects. Whether the 

material properties implemented in the THUMS model is taken from or adapted to 

mimic living or dead tissue varies throughout the model. Living tissue exhibits 

different material properties then tissue of PMHS which have been stored, frozen 

and thawed. Additionally, PMHS do not have blood flow, interstitial fluid pressure, 

muscle tension and correct body temperature. No scaling of the material properties 

to more closely resemble those of post mortem tissue has been done due to lack of 

data. These discrepancies result in that some differences may exist between the 

model and the experimental data even if the model hypothetically would to fully 

resemble a living 50 th potential male. The age and post mortem related differences 

may however not necessarily explain the specific differences noted in the result. It is 

also worth mentioning that a model that is meant to represent and based on data 

from an average induvial will not exactly predict the behavior of a specific subject. 

 

Vinos experiments include a relatively small data set and large individual variation 

could be seen. This variation is exemplified by a difference off 0.38 kN between run 

25 and 26 which was conducted on the left verses right side of the same PMHUS 

which indicated that relatively wide normal variation may exist outside the 

documented data.  

That the model did not capture the force behavior of Viano’s lateral impact at 3.9 

m/s as close as that of the higher impact speeds may be attributed to the wider hips 

of the PMHS, 39.5 cm compared to THUMS 35.5 cm. Thicker soft tissue have been 

show to correlated with longer time to force maximum and a lower peak force [23]. 

A closer fit to the experimental data may be achieved by scaling of the THUMS 

model- which wasn’t done due to time constraints. Only hip width is given in the 

study by Viano with no additional information concerning tissue thickness or 



24 │ DISSCUSION 

 

difference in pelvis structure, scaling of the hip with can therefore only provide a 

rough estimate. The cause of the differences and its implications for validation of the 

model cannot be determined from available data especially without scaling since 

only one PHUMS was impacted at that speed and with that hip width.  

The validations preformed in this study is considered to be indirect since there is no 

control over the experimental parameters [34]. Limited data on material properties 

and constrains was available from the experimental setups and modeling 

assumptions may therefore influence the results. Computer modeling also requires 

discretization of the continuous system which may affect the model behavior and 

implemented boundary conditions.  

The model includes several simplifications that may influence the outcome. The 

cortical and trabecular bone is in THUMS model as isotropic and with the same 

failure criteria in compression and tension. Other simplification is that the yield 

stress for the cortical bone is scaled base on strain rate but is not model as fully 

viscoelastic and that no viscoelastic parameters were implemented for the fat tissue. 

Distribution of fat and muscle tissue implemented by Löwgren differ from in vivo 

measurements of the soft tissue surrounding the greater trochanter which might 

affect the result [24]. 

Further improvements could be done to the pelvis to make the model more 

anatomical correct. This includes improving and analyzing the biofidility of the 

sacroiliac joint (SIJ) which have been excluded from this study due to lack of 

published experimental data on its mechanical behavior. The joint also exhibits a 

complex structure and is the joint that differ the most among individuals and from 

left to right side [35].  This makes it difficult not only to select appropriate material 

properties and geometrical structure but also to evaluate implemented changes. The 

mobility in the SIJ have shown to influence the load transmission in the pelvis  but 

how much it would affect the accuracy of a fall simulation is however not 

determined [36]. Further analysis of the accuracy of the used cartilage and bone 

model used in the pelvic region would increase the reliability of the model. 

Future work includes further analysis of fall positioning as well as analysis of the 

effect of pin geometry. Balance tests and extensive mechanical testing will have to be 

performed before the floor can be commercially implemented in retirement homes.  
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5 Conclusion  

 

The model showed reasonable results when compared to validation data and fall 
simulations agreed well with clinically and scientifically documented fracture loads 
and patterns which indicated that the model can be used for initial evaluation of 
different floor systems. Fall position in simulations affected the impact forces and 
protective capacity of the floor. The floor system design at KTH showed a reduction 
in femur impact force of up to 23% when a compliant pin stiffness was simulated.  
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Hip impact of the FE-model THUMS 

Model adaptation and validation followed by an evaluation of the KTH developed 
shock absorbing floor system 
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1 Anatomy and biomechanics 

1.1 Pelvis  

Pelvis can refer either to the lower part of the trunk or just the skeletal structure 

imbedded within it, of which the later definition will be used in this text. It is 

comprised of four bones; the two hipbones, the sacrum and the coccyx, see Figure 1. 

The pelvis serves an important role in connecting the trunk to the lower extremities 

as well as transferring loads. Additionally it acts as the attachment point for 28 

muscles, of which none act solely on the pelvis [1]. Great differences can be seen 

between the male and female pelvis, with the female pelvis being wider and having 

more mobility in the joints to allow childbirth [2][3].  

 

 

 

 

 

 

 

 

Figure 1 Anatomy of the pelvis bone. Modified figure from Gray’s Anatomy [4] 

 

Both the vena cava and abdominal part of the aorta divide at the height of the 

proximal end of the sacrum and the vessels exit the pelvis structure adjacent to the 

acetabulum before branching in to the femoral arteries. The presence of these large 

blood vessels contributes to the mortality associated with pelvic fractures, which is 

one of the more common form of fractures in occupant and pedestrian traffic 

accidents [5][6].   

The joints in the pelvis are supported by strong ligaments that offer little mobility 

making the structure very stable which allows for coordination of the lower 

extremists and trunk [3]. Since the pelvis is a closed ring the joints within it are 

uniquely dependent on each other’s movements and mobility. This codependency 

result in that the mechanical behavior of one joint may differ when tested isolated 

compare to when incorporated in the pelvis [7]. Lovejoy et al postulated in 1988 

that the sacroiliac joint serves the function of relieving stress within the pelvic 

girdle; if it would have been a complete circle constructed of bone the risk of it 

fracturing from trauma or stress due to normal biped movements would have been 

higher [8]. Shear stress has been reported to be absorbed in the sacroiliac joint 
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Coccyx 

  

Pubic Symphysis 
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during gait (walking) [1]. The complex dampening effect that the pelvis and the joint 

within it result in, is a factor to take in consideration when accurately modeling hip 

impact.   

1.2 Hip joint and femur  

The hip joint consisting of the acetabulum located at the hip bone and the femoral 

head is a ball in a socket joint that allows for a large range of motion.  The snug fit 

between the femoral head and the acetabulum provides a large contact area and the 

trabecular bone structure of the femur and pelvis facilitates distribution of forces 

absorbed in the joint [9]. The joint is encapsulated by the articular capsule and 

further stabilized by three strong external ligaments and the intracapsular foveal 

ligament [3]. The foveal ligament emanates from the center of the acetabulum and 

attaches to an indentation in the femoral head providing it with blood and restricts 

some joint motion. Remaining blood supply to the femoral head occurs through 

vessels that pass through the inferior part of the articular capsule. An intracapsular 

fracture of the femur may rupture these vessels and result in avascular necrosis of 

the femoral head [10].  

 

1.3 Biomechanics of the bone 

The femur as well as the pelvis is composed of porous trabecular bone encapsulated 

in compact cortical bone. The micro structure of cortical bone is highly anisotropic 

resulting in material properties that are directionally dependent [11]. The same is 

true for the trabecular bone whose structure is denser in directions that are 

frequently subjected to high load. Bone distribution and strength varies throughout 

the complex structure and is under constant remodeling. The rate at which bone is 

decomposed and produced is affected by loading conditions as well as systematic 

and local expression of cytokines and growth hormones. This constant remodeling 

in combination with genetic differences explains part of the large disparities in 

fracture load that can be seen through a lifecycle and between individuals.  

 

 

.
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2 Fall injuries  

Fall injuries result in around 1500 deaths, 70 000  admissions to hospital and 

270 000 visitors to the emergency care every year in Sweden [12]. These numbers 

are predicted to double within the next decades due to a large increment of elderly 

and especially very fragile individuals [12]. Elderly individuals over 65 are vastly 

overrepresented, accounting for 8 out of 10 falls that lead to severe injuries [13]. 

Many elderly suffer from impaired vision and balance as well as loss of muscle 

strength, reflex speed and difficulties walking which increases the risk of falling 

[14][13]. Medications and decreased mental capacity can also contribute to the risk 

of falling [15]. The risk of getting severe injuries is higher for elderly since most are 

more fragile due to osteoporosis and general aging [16]. Many also suffer from 

comorbid conditions that may hinder or prolong the healing process [16][17].  

A hip fracture which is the most common severe outcome of a fall results in the need 

for extensive surgery followed by a long rehabilitation period. Most elderly do not 

regain full pre-fracture strength or mobility leading to a decrease in life quality and 

independency as well as an increased need for medical and social support [16]. A fall 

injury can also be traumatic to many elderly due to immobilization, fear and 

changed gait pattern which in turn can increase the risk of new falls and other 

health problems [17].  
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2.1 Fall kinematic  

Fall kinematics, how people fall, can greatly influence the injury outcome and is essential 

to take into consideration when designing injury protection and in modeling. A statistical 

evaluation of 206 hip fracture patients concluded that 76% had fallen directly on the side 

with the main impact on the greater trochanter of the proximal femur [18]. In the control 

group which consisted of 100 fall patients with similar characteristics (age, BMI) that did 

not suffer a hip fracture, only 3% had fallen directly on the side. 

 

 

A study by Feldmans and Robinovitchs in which participants were asked to keep their 

balance on a surface that suddenly and unpredictably moved sideways showed that side 

impact was the dominating fall kinematic with hip impact in 90% of the falls [19].  Pelvic 

impact velocity was in the study recorded to be 3.01 m/s (SD=0.83) and a trunk 

inclination, the angle between trunk and vertical plane, of 42 degrees (SD=15) see Figure 

2, angle α. Most participants first impacted the knee followed by the hand and last the 

pelvis which in average was impacted 8 degrees posteriorly. The impact velocity 

decreased with 3.6% for every 10 ms hand impact perceived pelvic impact, average time 

duration 50 ms. The pelvic impact velocity results were consistent with a study from Van 

Den Kroonenberg et al in which hip impact velocity was recorded to be 3.17 m/s (SD= 

0.47) when falling on the side from standing height [20]. The fall was in this study 

initiated by the participant themselves and the inclination angle of the trunk was recorded 

to be 21.71 degrees (SD=13.3). Two out of six participants were able to break their fall 

with their hand when instructed while little to no difference in impact speed could be 

noted for the other participants. Robinovitch et al conducted pelvic release experiments 

in which volunteers were dropped from a small height on to their hip [21]. The study 

concluded that impact force was higher with flexed trunk then when straight and that 

impact forces were larger under muscle contraction.  

 

 
Figure 2 Fall position in sideways fall. α is trunk inclination angle. 
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2.2 Hip fracture 

Hip fractures are defined as fracture of the proximal femur. Around 90% are 

intertrochanteric or intracapsular femur neck fractures. Some variation can be seen 

between studies; intertrochanteric fracture 49%[22], 49 % [16], 48% [23] and 

femur neck fractures 37 % [22], 48% [16],52% [23]. Subtrochanteric fractures were 

reported in 14 %[22] and 3 % [16]of the cases. See Figure 3 for region definition.  

 

Figure 3 Frontal view of the right proximal femur a) Femur neck region, b)  

Intertrochanteric region, c) Subtrochanteric region. 

  

A literature study performed by Dahlgren including 14 studies concluded that the 

mean fracture load for a femur in fall configuration was 2499–4354 N [24]. Full 

interval of fracture load was between 709-8841 N indicating the prevalence of large 

individual differences. Large differences could be seen between different age groups 

with mean fracture load of  7200 N (SD= 1090 N) for individuals with mean age of 

33 years and 3440 N (SD=1330 N) for individual with mean age of 74 years [25]. 

Several factors affect the strength, stress distribution and stiffness of the bone, 

including load direction, material properties and its geometrical structure. Bone also 

exhibits viscoelastic properties, its influence on the behavior of the proximal femur 

is however not conclusively determined. Two studies have shown that fracture loads 

increase with increased load rate [26][27] while a study by Gilchrist that included a 

pelvic model showed no difference in the elastic behavior of the femur under quasi-

static or impact loading [28]. Differences in testing procedures do nonetheless affect 

the results and in vivo fracture load due to fall may differ from that of in vitro test 

under quasi static loading conditions.  

The risk of fracture is as mentioned effected by geometrical structure of the femur 

and a 7-9% longer moment arm in fall configuration have been shown among hip 

fracture patients compared to individuals with the same aBMD that hadn’t suffered a 
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fracture [29]. The moment arm for the forces acting in a hip impact is also a result of 

impact angle and body configuration. Most in vitro test and simulations on fracture 

load in fall configuration are based on a setup with 15 degrees internal rotation and 

a 10 degree adduction angle meant to mimic a fall position. This setup was first 

presented by Courtney [26] and based on fall data from Van Den Kroonenberg [20]. 

Increased internal rotation increase the moment arm thereby decreasing the 

fracture load. A study have shown a 24% reduction in fracture load when the femur 

was impacted at 30 degrees internal rotation compared to 0 degrees, fracture load 

was lower for 15 degrees angle but not significant [30]. Zaini et al conducted a 

thorough analysis of strain in cadaver femur necks under nondestructive lateral 

loading [31]. The study found that differences in fall configuration, internal rotation 

(0-30degrees) and adduction (0-30 degrees) effected strain in the area of interest, 

the medial part of femoral neck with up to 17%.  

Muscle and soft tissue properties also need to be taken into consideration when 

evaluating fracture risk. Muscles have the ability to absorb several times the energy 

of that of the femur through contraction and can therefore play a significant role in 

energy dissipation after impact [9]. Muscle activation also changes the rigidity of the 

tissue and pelvic release experiment have shown an increased stiffness, decreased 

time to peak force and increased impact force for muscle activated state [21]. Muscle 

activation will also affect load distribution and simplify modeling of muscle forces in 

a FE-model of the femur showed that it influenced fracture patterns [32].   

 

2.2.1 Fracture mechanics 

 

Figure 4 Stress configuration in the proximal femur in a) stance configuration b) fall configuration.  

Load configuration in stance evokes compression in the inferior part of the femur 

neck and a smaller degree of tension in the superior part [33]. The geometry of the 

proximal femur and contraction of gluteus medius under gait/stance counteract part 

of the bending moment in the superior part contributing to lower stress [9]. The 

cortical bone is about half as thick in this part compared to the inferior [34]. Load 

configuration is reversed in fall with hip impact and the forces differ in magnitude 
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and sign but are directionally close to those in stance configuration [33][35]. A study 

has shown that more than twice the load is needed to fracture a femur in stance 

configuration compared to when one is impacted laterally [36]. That the structure is 

more vulnerable to fractures due fall impact is also shown in a study conducted by 

Zani et al that showed higher strain values especially in compression of the superior 

part of femur neck in fall configuration than when the same load was applied in 

stance configuration [31]. Exact fracture mechanics is complicated to asses and may 

differ between individuals and cases. A study have shown that a larger proportion of 

the bone is loaded in tension when the femur is impacted laterally compared to in 

stance [35]. This may contribute to the lower fracture load since bone is weaker in 

tension then in compression [11]. The superior part that is loaded in compression is 

however significantly thinner. Analysis of high-speed footage of load test on femurs 

in fall configuration have showed that micro fractures of the superior or anterior 

part of the femoral neck occurred prior to crack in the inferior region in 11 out of 12 

specimen [37]. Similar fracture behavior have also been shown by Dragomir-Daescu 

and Zani [31][38].  

A finite element analysis of the microstructural failure mechanics of the femur 

concluded that initial failure occurred in the trabecular bone [39]. The patient 

specific femur models consisting of around 120 million elements showed a low level 

of structural redundancy in the femur with failure of only 1.5%-6.4 % of the bone 

tissue resulted in initial structural failure of the femur. Weaker bones fractured after 

a lower percentage of failed elements and had compared to stronger bones lower 

engagement of cortical bone. The trabecular bone may influence the failure load by 

provide internal load transferring paths increasing the strength and structural 

redundancy of the bone. The large influence of the trabecular bone indicated by this 

study is contradicted by a study by Holtzer et al that showed only a 7 % reduction in 

fracture load for femurs with removed trabecular bone compared to complete 

femurs [40]. Similar result have been achieved in FE modeling with a model only 

including the cortical bone predicting reasonably accurate fracture loads [41].   

2.2.2 Age related changes 

Age affects the femur bone in a multitude of ways that significantly increase the risk 

of fracture. The prevalence of osteoporosis which gives low BMD-Bone mineral 

density is strongly correlated with age with 6 % of Swedish women affected at the 

age of 50-54 and 47% at the age of 80-84, corresponding numbers among men are 

2.5 % and 16 % [42].  Women are affected to a higher degree due to lower initial 

bone mass and bone loss resulting from hormonal changes at menopause. 

Low BMD have by several studies been shown to correlate with significantly weaker 

bone  and is used as the main parameter  to evaluate fracture risk in many clinical 

assessments [43][25]. Verhulp et al concluded from a small sample in a micro-finite 

element study that a osteoporotic femur wasn’t over adapted, it was proportionally 

as much weaker in stance as in fall configuration, osteoporotic vertebra have on the 

other hand been shown to be even weaker in non-habitual loading (error loading) 
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[35]. This may be due to a large overlap in force directions between errors and 

habitual loading for the femur but further studies needs to be done on the subject. 

Age-related decrease in bone strength is also related to geometrical and structural 

changes of the bone [43][44]. For many elderly people, redistribution of bone tissue 

results in wider but thinner bone shaft.  This change may counteract the some of the 

strength loss resulting from low BMD but can lead to a structure that is weaker in 

compression and tension [45][46]. The effect is less pronounced if at all present 

among women due to a faster and greater bone loss [43]. A significantly higher 

degree of bone loss with age has been shown to occur in the superior part of the 

femur neck compared to the inferior, further weakening the structure in fall 

configuration [43][34].   

The material properties of the soft tissue is also affected by aging and the 

compressive stiffness have been shown to be 2.9-fold lower among elderly women 

compared to younger [47]. Resulting in a structure that bottoms out earlier and has 

a decreased ability to absorb and dispatch energy which leads to an increased load 

on the skeletal structure if impacted.     

 

 

 

 

  



FALL INJURIES │9 
 

2.3 Fall prevention 

There are two ways of limiting fall injuries: limit the amount of falls that happen or 

limit the severity of the fall. Minimizing the amount of falls can be done by 

introducing walking aids, control medication and adaptation of the living 

environment [14].  Limiting the severity of falls comes down to the physiological 

tolerance level and what forces and moments the fall results in. Bone strength can 

be improved by medication and exercise which decreases the risk of fractures [15]. 

It is hard to control or change the way people fall since it is not an intentional action 

but a study on fall techniques from martial arts showed reduction in impact velocity 

[48]. Another way of limiting injuries is by protecting the impacted area which will 

decrease the forces transferred to the body and thereby decreasing the risk of 

fractures. This could either be done with local protection like hip protectors or 

shock absorbing floors.  

 

Hip protectors are usually a padded form of undergarments that aim to deflect the 

impact away from the great trochanter as well as absorb some of the energy [49]. 

There is a balance between making the system as effective as possible while not 

being too inconvenient. One risk with this form of protection is that it can be 

forgotten or put on incorrectly. Shock absorbing floor systems work in a similar 

way, the difference being that it provides protection independent of fall direction or 

impact point. The requirements for these types of floors include providing a surface 

that is rigid enough for normal walking while still absorbing a sufficient amount of 

energy during fall as well as being fatigue resistant.   
 

2.3.1 Floor systems on the market 

Two different chock absorbing floor systems exist on the market today; Kradal and 

SmartCells. Kradal is made of a polyurethane foam while SmartCells consists of 

rubber cylinders that bend/buckle under impact. A study from 2015 which 

evaluated the cost efficiency of the Kradal flooring in a retirement home showed 

that the system was cost-efficient in 60% of the cases and increased QALYs (Quality-

adjusted life years) [50]. A long-term study (1/10/2011-31/3/2014) that evaluated 

the case and accident data from a retirement home in Sweden in which parts Kradal 

floors were installed showed a reduced RR (relative risk) for injury with 59% in the 

cases with energy-absorbing floors [51]. 

2.3.2 KTH system 

The floor system that will be evaluated in this project is developed by two 

professors at the department of neueronics at KTH, Svein Kleiven and Hans von 

Holst. It is constructed out of rubber pins joined by a smooth top surface see Figure 

5. The pins bend under impact and allows for relative movement between the two 

layers which reduces rotational acceleration if impacted at an oblique angle. The 

floor system has showed a 60-75% reduction of impact force when evaluated by SP- 

Technical Research Institute of Sweden [52]. The system is intended to be 

implemented in retirement homes, making installation more cost effective and 
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coming as many as possible to gain. Only 6% of all elders live in retirement homes in 

Sweden but they who do accounts for 40 % of the hip fractures which is most likely 

due to the high proportion of very fragile individuals [15].   

Three earlier master thesis’s have been written within the project by; Sofia Dahlgren 

[24], Julianne Okan [52] and Cecilia Löwgren [53]. These projects have included 

modeling of the floor system in LS-Dyna, improvements of the hip joint in the 

THUMS model and subdivision in to muscles, fat and skin of the soft tissue in the 

buttocks. Okan’s study included a Timed Up and Go – TUG test that concluded no 

significant effect on balance on the floor[52].  

 

 

 

Figure 5 Floor system developed at KTH, base and top surfaces included.
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3 Experiments  

The following studies will provide data against which the model will be validated. 

 

3.1 Isolated pelvis impact 

Guillemot performed static and dynamic side impact tests on isolated pelvises in 

1997 [54]. Ten pelvises were tested under static conditions and twelve under 

dynamic. All soft tissue except for the pubic symphysis, sacroiliac joint and cartilage 

in the acetabulum was removed. Mean age 67 for static tests and 70 for dynamic 

tests. The pelvis was immobilized in a lateral position with the left iliac wing casted 

in alloy and a metal sphere was fitted in the acetabulum.  Static loading of the iliac 

crest and the acetabulum concluded that an average loading energy of 30 J resulted 

in fracture. A drop test was then constructed so that the pelvises were subjected to 

total energy of 30 J to evaluate dynamic pelvic behavior.  The pelvises were 

impacted through the metal sphere with a falling mass of 3.68 kg at a speed of 4 m/s. 

The results were presented in the form of force-displacement curves derived from 

accelerometers in the metal sphere and drop-mass se Figure 6.  

 

 

Figure 6 Results for displacement and force max for dynamic impact to the acetabulum [54]. 

 

3.2 Full body lateral impact  

Viano performed extensive lateral side impact studies on 14 PMHS- Post Mortem 

Human Surrogate that was suspended upright in 1989 [55] [56]. Mean age of 

PMHUS was 53.8 years (SD = 13.9) and all was scanned for preexisting fractures. 

Specimen that could not be handled within 2 weeks of death was frozen and then 
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thawed before study. A cylinder shaped pendulum with a mass of 23.4 kg and 

diameter of 15 cm impacted the subject at speed of 4.5, 6.7 and 9.4 m/s. Impacts 

were made against the abdomen, shoulder and buttocks and most PMHUS was 

impacted several times. The buttock (pelvis region) was impacted with the cylinder 

centered at the greater trochanter directly lateral. 6 runs was performed for impact 

at the hip at the lowest speed (3.98-5.3m/s) of which 4 later was normalized to 

represent the response of a 50 th percentile male.  
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4 FEM-Finite Element Method 

FEM- finite element method is a numerical method that is commonly used in 

engineering to get accurate approximations to solutions of partial differential 

equations (PDE) [57]. The method is today mainly used in sophisticated software 

systems such as ANSYS that allows the user to solve for stresses, strains, dynamics 

and much more through a graphic interface without setting up the PDE. 

The basis of the method is that the geometry of interest is divided into smaller 

subsections, elements that are connected by nodes creating a mesh. By discretizing 

the continuous system in to elements the degrees of freedom becomes finite in the 

system. Physical laws/principles are then applied to the elements and governing 

equations can be set up for each element and later systematically recombined to 

form a global system of equations [57]. 

The global system of equations can for dynamic problems be solved with implicit or 

explicit integration methods. An explicit solver calculates the solution at the next 

time increment, time t + ∆t from the solution at time t. An implicit solver predicts the 

solution bases on time t and time t + ∆ t which require inversion of the stiffness 

matrix making every time step computationally more costly then when solved with 

an explicit solver. Explicit solver is usually preferred for impact simulations which 

requires high resolution under a short time but has the drawback of not being 

unconditionally stable, requiring a sufficiently small time step. The critical length of 

the time step depends on the highest eigenfrequency of the structure, resulting in 

that small or dense elements requires small time steps [58]. 

What type of elements that are used depends on the type of problem, the results one 

wants to achieve and the computational power that is available. 1D problems can be 

solved by using line segment while higher order systems are subdivided in to shell 

or solid elements in the form of triangles, quadrilaterals, tetrahedrons or 

hexahedrons. A dense mesh, with small elements will produce a more accurate 

solution but increase the number of equations that needs to be solved, increasing 

the solution time and demanding more computational effort. For an example of a 

meshed geometry see Figure 7. 
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4.1 THUMS Model  

THUMS-(Total Human Model for Safety) is an advanced Finite element model of 

the whole human body developed by Toyota Motor Corporation and Toyota 

Central  R&D  Labs. Inc. for the purpose of evaluating passenger and pedestrian 

response in car accidents. Development started in 1997 and the model have since 

then been revised several times and a completely new model was in 2010 

published as version 4. Version 4 includes a complete skeleton, brain, internal 

organs and consists of almost 2 million elements. The geometrical data is based on 

a high-resolution CT scan of a 39 year old male and then scaled to represent a 50th 

percentile (median) adult male with the length of 178 cm and weight of 77 kilos 

[59]. The model exists in both seated position for occupant analysis and a standing 

for pedestrian. Several different scaled sizes are developed to represent a 50th 

percentile male, a 95th percentile male and a 5th percentile female. Part specific 

material properties are applied with failure criteria’s which allows the model to 

simulation of damage to organs, brain, tendons and skeletal fractures [60].   
 

 

Figure 7 THUMS v 4.02. 
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